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Abstract
The interface between a medical device and its surrounding tissue can be critical to
biocompatibility, performance and therapeutic effectiveness. Careful choice and application of
materials at this interface is therefore a key to the success of any medical device. This research
employed a novel direct-write inkjet printing technique for polymeric surface modification of
bioresorbable AZ31 Mg alloy towards corrosion control and tunable release of bioactive agents.
In the first phase of this research, the direct-write inkjet printing technique was
successfully used to fabricate thin films of different blends of poly (ester-urethane) urea
embedded with taxol coatings on mechanically polished AZ31 Mg coupons. A corrosion study
was performed using the electrochemical impedance spectroscopy (EIS) technique. The
polarization resistance values obtained using the equivalent circuit model were analyzed using
the ECHEM analyst commercial software developed by Gamry®. The polarization resistances
obtained indicated that the corrosion resistance of the polymeric materials increases in this order:
uncoated AZ31 < PEUU-SB < PEUU-PC < PEUU-V.
In the second phase, thin films of PCL-ACP polymeric coatings were deposited on
mechanically polished Ti, AZ31 and AZ31 pre-treated with HF substrates. The effect of ACP
concentration and substrate type on cell proliferation was studied. Cyto-compatibility studies
showed that osteoblast were biocompatible and displayed active proliferation for PCL-ACP
coatings of different substrates. Osteoblast viability studies conducted using Ti coated substrates,
showed higher percentage of viable osteoblast comparable to the positive controls (bare Ti and
TCPS). These results lay foundation for the use of the direct-write fabrication technique for
developing bioresorbable medical implants towards corrosion control and tunable release of
bioactive agents.
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CHAPTER 1
Introduction
1.1 Overview of Biomaterials for Medical Implant Device
Dating back several centuries old, mankind has pursued to reinstate function to the
human body that has been stricken and wracked by trauma or disease with the use of natural or
synthetic materials [1]. Presently, apart from diseased people, the young and dynamic individuals
like sports men and women regularly require replacements of body parts due to fracture and
excess strain. In the recent context of terrorism and war, biomaterials implants have become very
prominent as a replacement of human body parts. In addition they also assist in the healing
process of parts inflicted with wounds through explosives, guns and wreckages. The term and
field “biomaterials” became eminent in the late 1960’s and has been explored and in use since
then. The meaning of this term has evolved over the last five decades along with the materials
that constitute this category. There are numerous definitions of biomaterials, but a generally
accepted description of a biomaterial amongst the professionals in this field define it as “a
nonviable material used in a medical device, intended to interact with biological systems [2].”
The fundamental difference between biomaterial and any other materials lies in its ability and
potential to coexist in its biological environment without having any adverse effect on its
surroundings and getting impaired in that process. Although biomaterials are traditionally used
for various medical applications (such as orthopedic applications, dental implants, cardiovascular
applications, ophthalmic applications , wound healing and drug delivery systems [3, 4] ), they
have also been used to grow cells in culture, as devices to regulate fertility, for aquaculture of
oysters, as an apparatus for handling proteins in the laboratory, and possibly in the near future
they will be used in a cell-silicon “biochip” [4]. In its primary usage for medical applications,
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these biomaterials are hardly used in its unprocessed form and frequently incorporated into
devices. The right choice of material for biomedical applications must be based on several
criteria including, the durability of the material, the desired function of the prosthesis, the nature
of the physiological environment at the organ/tissue level, adverse effects in case of failure,
mechanical requirement, physical properties, material strength, performance of material under
dynamic loading conditions, cost and production issues [3-4]. In general, these criteria
contributing to the success of an implant device or biomaterial are categorized into three broad
factors, namely; the properties (mechanical, chemical and tribological) of the biomaterial to be
used, the biocompatibility of the implant and lastly the health condition of the implant
recipient/patient and the competency of the surgeon [5]. Since implant devices are foreign
materials being introduced into the human body, biocompatibility is the single most important
criteria for any medical implant [6]. Biocompatibility is the ability of the biomaterial to coexist
in the human body and perform its intended healing functions with no negative effect on each
other. Technically, it’s defined as the “ability of a material to perform with an appropriate host
response in a specific application” [2]. It is important to state that biocompatibility depends
mainly on the point of application. A material can be said to be biocompatible at one place of
application but the same material will not be biocompatible at other places of application. In
spite of this, biocompatibility may have to be solely defined for each application [4]. Below is a
diagram showing the various biomaterials/implants for human application.
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Figure 1.1 Biomaterials for human applications [5].
All implants have limited lifespans of about 12-15 years [4, 5, 7-9] depending on the age
of the patient recipient and other factors before they fail. Failure of these implants lead to
alteration and revision surgeries in order to regain the full functionality of the system. These
failures are as a result of multifarious reasons such as chemical, tribological, mechanical,
surgical, manufacturing and biocompatibility. Failure due to corrosion (i.e the gradual
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degradation of materials by electrochemical attack) is and has remained one of the most
challenging clinical problems. Notwithstanding the fact that implant materials are protected by
surface oxide layers from the biological environment attack, there is clinical evidence which
suggest the release of metal ions from the implant materials which has been attributed to
corrosion process. Frequent or intermittent changes in the human body pH values also influence
corrosion process [5]. The two main physical characteristics which determine implant corrosion
are thermodynamic force and kinetic barrier [10, 11]. Implant corrosion will be discussed further
in the ensuing chapters
1.1.1 Biomaterial classification based on material used. Depending on the type of
material in use, biomaterial are generally classified into three broad categories, namely; metallic,
ceramics & glass, and polymers [1, 4, 6].
Metallic biomaterials are the most widely used with the longest history amongst the
various biomaterials for implants; they are mainly used to substitute failed hard tissues. Most
orthopedic and dental implants surgeries involves the use of metallic implants mainly because of
their capability to withstand noteworthy loads, bear fatigue loading, and go through plastic
deformation prior to failure [1]. The three most popular metallic biomaterials currently in use are
stainless steels, vitallium (Co-based alloys) and titanium. Whereas stainless steel was the first to
be used successfully as an implant material [12], titanium and its alloys are the newest and most
popular in use for medical and dental applications amongst the three metallic biomaterials. This
is due to titanium alloys exceptional mechanical properties, corrosion resistance, light weight and
enhanced biocompatibility amongst others [13, 14]. Other metallic biomaterials that are currently
in use for implants includes amalgam, nickel-titanium alloys, tantalum, platinum and cobaltchrome alloys. Recently, biodegradable metals such as magnesium are creating a paradigm shift
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in the biomaterial discipline to develop alternatives for corrosion resistant metals. Biodegradable
materials such as magnesium already have trace elements in the human body with very favorable
physical characteristics making them promising candidates [15-17]. Magnesium is not a foreign
material to the human body as it is the most prevalent intracellular divalent cat-ion and the fourth
most abundant mineral found in the human body system [18-20]. This implies that the body
needs magnesium to perform its functions and to be in good health. Its ability to perform the
intended function, degrade and get absorbed into its host without any toxic effect, makes
magnesium an ideal medical implant biomaterial [16, 17, 20]. The use of magnesium stent to
treat cardiovascular diseases and disorders have gained enormous priority over the past two
decades due to a proven correlation between magnesium deficiency and cardiac disorder and
diseases [21-23].
Traditionally, glass and sintered ceramics are extensively used as restorative materials for
medical applications such as dental restoration chiefly; as dental onlays, inlays, crowns, veneers,
and bridges [24]. Other areas of primary application includes bone replacements for hips, knees,
tendons, and ligaments for their low density, chemical stability, high wear resistance and most
importantly biocompatibility [25, 26]. The poor fracture toughness of ceramics severely hinders
it use for load-bearing medical applications. Some common ceramics used for medical implants
includes alumina, zirconia, calcium phosphates, hydroxyapatite, silicone nitrides, calcium
aluminates, carbon and porcelain.
Polymers are the most widely used biomaterials in biomedical applications. A wide
variety of polymers are used as biomaterials for various medical applications that ranges from
kidney and liver parts to heart components and from dentures to knee and hip joints, facial
prostheses, as well as drug delivery system. Biodegradable polymer is the single most
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extensively used amongst the family of polymers. They are mainly used as a transient material
for applications such as scaffolds, drug delivery systems, sutures, tissue adhesive and hemostats
[1, 4, 26, 27]. Biomaterial polymers can be categorized into two main groups, as synthetic and
natural polymers. Synthetic biopolymers can be manufactured by copolymerization of
conventional monomers to accomplish nearly monodisperse polymers whereas natural polymers
occur in nature. Example of natural polymers includes collagens, fibrin, gelatin and hyaluronan.
Polyesters, silicone, nylon and ethylene copolymers are examples of synthetic biopolymers.
1.1.2 Classification based on biomaterial-tissue response and biocompatibility. All
implant materials exhibit some type of response when they come in contact with their host.
Based on this analogy, biomaterials can also be classified with respect to their host or tissue
response. Figure 1.2 below depicts a tree diagram of such a classification.

Figure 1.2. Classification of biomaterials based on their host or tissue response [26]
Possible tissue responses observed when a biomaterial comes in contact with a natural
tissue or host is presented in the Figure 1.2. Based on this classification, biomaterials are
categorized into toxic and non-toxic materials. Whereas toxic biomaterials results in the death of
it surrounding tissues or host, non-toxic biomaterials do not cause death to their host. It is
noteworthy to state that implant biomaterials should always avoid a toxic host response. Among
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non-toxic biomaterials, there exist three sub-types of implant-tissue responses. The first response
is described as bioinert, which causes a fibrous capsule to form around the biomaterial and then
turn the material to be biologically inactive. Example of such biomaterials are alumina, zirconia,
titanium and stainless steel. The second response causes the biomaterial to resorb or dissolve in
vivo over a period of time hence they are term bioresorbable materials. Resorbable materials are
ideal biomaterials for many tissue engineering applications [28]. Examples of such resorbable
materials are tricalcium phosphate and polylactide acid [7]. The third type of response induces
chemical reaction to cause strong interfacial bond to form around the material which is termed as
bioactive. Examples of bioactive materials are bioactive glasses, bioactive glass-ceramics, and
hydroxyapatite [7].
1.2 Functional Coating of Medical Implant Devices
Functional coating of medical implants/device primarily involves changing the near
surface and surface region properties of the implant device in a desirable way, while maintaining
the properties of the biomaterial used for the implant device [29]. The interface between an
implanted device and it host can be very critical to its performance, biocompatibility and
therapeutic efficacy. Coatings are mostly use to enhance, modify and or improve this interface of
medical implant device by physical, mechanical, biological or chemical functionalization [30].
Although the functionality may be diverse and depends upon the actual application of a coated
medical implant, the right choice of a material at this interface is the key to a successful implant
device. Beyond the bio-functional requirements, a successful coating must adhere to the device,
be flexible and strong enough to withstand the expected movement of the device, allow for
sterilization and be durable under the conditions of its use.
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A number of coating techniques have been used for the deposition of thin films onto
medical implant devices for the aforementioned reasons but with each having its own advantages
and disadvantages. Some of these coating techniques includes sputtering followed by ion
bombardment [31-33], galvanization [33], electro-spinning [34-36], pulsed biased arc ion plating
[37], spraying [38-43], dipping [44-46], spin coating [47, 48], layer-by-layer self-assembly [4951], plasma-based deposition [10, 52-54], and inkjet printing [55-57]. It is noteworthy to state
that all these coating techniques provide a certain control over fabrication procedure by allowing
for the manipulation of the thin film or coating thickness and surface morphology to a certain
degree. Each coating technique is capable of depositing different types of biometallic,
bioceramic and polymeric materials for a wide range of medical implant applications. An indepth discussion of some selected current stent coating techniques is described in the ensuing
chapter.
1.3 The Need for Medical Implant Device Coating
Although the functionality of coatings maybe diverse, coatings are mostly used to
modify, enhance and or improve the surface characteristics of medical implant devices without
interfering with its bulk properties. Various biometallic [58-64], bioceramics [65, 66], and
polymers [67-69] have been used to coat different types of medical implant device for various
reasons. Some of these reasons includes;


Improving the tissue or host integration.



Improving the long term maintenance of medical implant devices.



Improving the direct chemical bonding with hard tissue such as bones.



Reducing the rate of bacterial and other biomaterial-associated infection such as
thrombosis and neointimal hyperplasia.
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Serving as a drug-delivery medium to treat restenosis as in the case of drug
eluting stent.



Improving hardness, anticorrosion, and anti-abrasive.



Enhancing heat resistivity and photo-catalytic properties.



Enhancing biocompatibility and rendering certain implant material inert.

Calcium phosphate is a specific example of biomaterial used in functional coating of
medical implant device for orthopedic applications. This is a bioceramic material which is
usually used to coat bioinert materials to improve the direct chemical bonding with bones [65,
66]. Silver oxide and other alloys have also been coated on implantable devices to reduce the rate
of infection [58-60]. Some biodegradable polymeric coatings have been used as a mechanism for
the entrapment of medicines such as sirolimus and paclitaxel to serve as drug-delivery systems
[66, 67, 70-74].
1.4 Model Implant Device
Cardiovascular stents are generally a crisscross wire mesh tubular shape medical implant
device used to prevent restenosis after angioplasty. As in any other medical implant device, the
material used for stents must be biocompatible and corrosion resistant in order to avoid the
release of undesirable metal ions into it host [14]. Presently, stent manufacturing is based on the
use of implant materials such as titanium and stainless steel that permanently remains in the
coronary vessel wall far beyond the time required to accomplish its main goals. In the long run,
issues like restenosis, mechanical blockages of the ostia of side branches, late development
malapposition in case of wall degeneration leading to ectatic or aneurismal formation are
possible concerns [75-77]. This necessitates the use of a stent made of a fully biodegradable and
bioabsorbable material such as magnesium desirable. Moreover, the side effect of degradation
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products are expected to be minimal since magnesium is one of the most important and abundant
micronutrients in the human body [75]. According to studies conducted by various researchers,
there may be an existing correlation between patient suffering from cardiovascular
diseases/disorders and hypertension and magnesium deficiency [18, 21, 22, 78]. These findings
make magnesium an appropriate candidate material for manufacturing stents.
The model implant device used for this research consisted of Magnesium alloy (AZ31)
and Titanium coupons of dimensions 10mm*10mm substrates. The surface of these substrates
were pretreated and modified. Coatings were done by depositing various multi-layer
biodegradable bioresorbable polymers embedded with either Paclitaxel (Taxol) for
cardiovascular applications or nanoparticulates of amorphous calcium phosphate (ACP) for
orthopedic applications. The drop-on-demand inkjet technique was employed for the coating
purposes. The polymeric coating material will act as a corrosion retarder for the magnesium
alloy and thereby extending its lifespan. In addition it will serve as a medium for delivering the
Taxol drug and ACP to be release into it surrounding host.
1.5 Motivation
The question remains, “why should a device implanted to prevent vessel wall recoil
occurring mainly in the early days after a procedure and deliver anti-proliferation drugs to avert
smooth muscle cells proliferation occurring in the first 2-3 weeks after the surgery, remain
permanently as a foreign body inside the coronary vessel way beyond the time required to
accomplish it goals?” This condition may lead to restenosis and chronic inflammation in the long
run. Using a permanent implant for a transient application comes with added complications and
additional cost and patient morbidity when the patient or surgeon makes a decision to remove it
after the healing process is complete or replaced it due to unexpected issues. The use of
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biodegradable and bioabsorbable magnesium based implants will help eliminate this
complication thus, dissolving the stent material when the healing process is complete. Moreover
the correlation between magnesium deficiency and cardiovascular disorders makes magnesium
suitable for this purpose based on its desirable properties.
However, one major limitation of magnesium to meet the clinical requirement for implant
device purpose is its highly corrosive nature. In order to improve on this requirement and make it
more corrosion resistant, surface modification was performed on the magnesium alloy using a
novel direct write inkjet printing/coating technique. These polymeric drug/growth agent
embedded coatings will not only aid corrosion resistance but also help prevent restenosis
resulting from percutaneous transluminal coronary angioplasty and osseointegration. This
coating technique offers several advantages over most of the current available techniques
including the ability to produce multilayer coatings on complex 3D spatial structures while
manipulating coating thickness and surface morphology among others.
1.6 Research Objectives
The main objective of this research is to fabricate polymeric thin films coatings
embedded with taxol or ACP. These coatings are designed on AZ31 Mg alloy substrates using a
DOD inkjet printing for surface modification of bioresorbable Mg implants. The stated objective
was achieved using the following approach;
1. Fabricate and characterize the mechanical and physical properties of inkjet
polymeric coated thin films on AZ31 Mg alloy substrates.
2. Evaluate and study the effect of different blends of PEUU coatings on planar
AZ31 Mg alloy substrates towards corrosion control.
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3. Study the effect of ACP encapsulated PCL polymeric coatings on
osseointegration and differentiation of osteoblasts.
1.7 Dissertation Overview
This dissertation has been divided into five main chapters. The introduction, overview of
biomaterials, functional coatings of medical implant device and research objectives is covered in
chapter 1.
In chapter 2, the first section presents a thorough literature review of the common
metallic coronary stents, controlled degradation of magnesium implants, and various surface
modification techniques. The second section presents a comprehensive literature review on inkjet
printing system.
Chapter 3 covers all the experimental materials, methodology, results and discussion for
the corrosion control studies for cardiovascular applications. Similarly, chapter 4 represents all
the materials, experimental techniques, results and discussion for the research related to the
orthopedic applications.
Finally, the conclusion of this research work is discussed in chapter 5. Additionally,
potential future experiments and recommendations for future work are discussed.
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CHAPTER 2
Literature Review
2.1 Metallic Coronary Stent
Based on their nature of expansion, metallic coronary stents are generally categorized as
either balloon-expandable or self-expandable [79, 80]. Whereas balloon-expandable stents have
the ability to deform plastically and maintain their requisite size once set up, self-expanding
stents contrariwise, should have ample elasticity needed to be compressed for delivery and
expanding in the target area. A good metallic coronary artery stent is usually characterized by a
low profile, good expandability ratio, sufficient radial hoop strength and negligible recoil,
sufficient flexibility, adequate radiopacity/magnetic resonance imaging compatibility,
thromboresistivity and lastly drug delivery capabilities [81-83].
Since it’s comparatively easier to satisfy both the physical and mechanical functionality
requirements of a metallic material for stenting, susceptibility of the metallic material to
corrosion and its effect on the tissue/host on the other hand are the central aspect of
biocompatibility that are considered when a metallic material is being considered for the purpose
of stenting [84]. In general, metallic stents are basically manufactured using either tantalum (Ta),
nitinol (Ni-Ti), cobalt-chromium (Co-Cr) alloy, platinum-iridium (Pt-Ir) alloy, 316L stainless
steel (316L SS), titanium (Ti), pure iron (Fe), and magnesium (Mg) alloys. These metallic
material are broadly divided into two main categories namely; non-degradable and biodegradable
metals. Of all the metallic materials listed above, only Fe and Mg are biodegradable in nature.
Furthermore, all these metallic stent materials falls under the category of passive metals in that
they owe their corrosion resistant property to the incidence or occurrence of stable oxide on their
surface [84].
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2.1.1 Stainless steel (316L SS). 316L SS is the most common and popular metal used for
making either a bare stent or with a coating material as seen from Table 2.1. Its excellent
mechanical and corrosion resistance characteristics makes it a preferred material for stenting
application [84]. There are clinical limitations associated with the use of this metallic material.
Its low density and ferromagnetic properties cause the production of artifacts in magnetic
resonance imaging [80]. Also allergic reactions due to the release of nickel and other ions in
316L SS raises a question about its biocompatibility which may trigger local immune response
and inflammatory reactions resulting in intimal hyperplasia and in-stent restenosis [85, 86]. A
variety of materials such as tantalum and gold have been used to coat the surfaces of 316L SS
stents to enhance its biocompatibility so as to prevent the release of such ions from the surface of
the metal. Gold coatings are currently being used for coronary stent with in-vitro gold coating of
316L SS stents being associated with a reduction of platelet activation and thrombus mass [87].
Kastrati et al. [88] in a randomized trial study, assessed whether gold-coated stents were
associated with a better angiographic outcome after coronary deployment. In their study, goldcoated or uncoated 316L SS stents were randomly assigned to patients with symptomatic
coronary artery disease. After 6 months follow up angiography routine was performed and
results gathered, it was concluded that coating steel stents with gold had no significant influence
on thrombosis for the first 30 days although gold-coated 316L SS stents were associated with
considerable increase in the risk of restenosis over the first year of stent deployment.
2.1.2 Iron (Fe). Fe is a biodegradable metallic material used to make stents. Their
excellent radial strength makes them very unique in making superior thin strut stents although
currently there are no biodegradable stents available for the treatment of patients suffering from
congenital heart disease as a result of vascular obstruction [89]. Fe manufactured stents have
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been deployed in rabbits and porcine arteries with much success by a study conducted by Peuster
et al. [90], although theoretically they were expected to fracture due to similarities between their
tensile and yield strength [80]. Further Peuster et al. [89] evaluated the long term
biocompatibility of iron stent implanted into the descending aorta of 29 mini-pigs and concluded
that iron is a suitable metal for the production of stents with no local or systematic toxicity.
Table 2.1
Current Popular FDA Approved Coronary Stent [80]
Stent Name
Biodiv YsioTM AS

BeStentTM 2
CYPHERTM

MULTI-LINK
VISIONTM
NIRflexTM
TAXUSTM
Express2TM
LiberteTM
MonorailTM
Rithron-XR

Manufacturer

Bare Stent
Material
316L SS

Cross-linked phosphorylcholine

Medtronic,
Inc., MN.
Cordis
Corporation,
FL.

316L SS

NONE

316L SS

Guidant
Corporation,
CA.
Medinol Lt.,
Israel.
Boston
Scientific
Corporation,
MA.
Boston
Scientific
Corporation,
MA.
Biotronik
GmbH,
Germany.

L-605 cobalt
chromium
alloy
316L SS

1st coat: Parylene C; 2nd coat:
mixture of polyethylene-co-vinyl
acetate, poly n-butyl
methacrylate, and Sirolimus; 3rd
coat: mixture of polyethylene-covinyl acetate, poly n-butyl
methacrylate
NONE

Biocompatibles
Cardiovascular
Inc. CA.

Coating

NONE

316L SS

Mixture of poly(styrene-bisobutylene-b-styrene) triblock
copolymer and paclitaxel

316L SS

NONE

316L SS

Amorphous silicon-carbide
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2.2 Magnesium and its Alloys as Implant Material.
Traditionally, metallic biomaterials for implant devices are required to have improved
corrosion resistance properties in the body [91]. However, recently, a new class of biodegradable
materials has evolved thus breaking the traditional paradigm as an alternative for medical
implant device. Magnesium and its alloys have been in discussion to be used as biodegradable
implant materials, for use in cardiovascular and orthopedic devices. Ideally, a biodegradable
biomedical implant device should be composed of a material or alloys that are non-toxic. It is
very advantageous if the material was composed of elements and minerals already present and
compatible within the human body such as Mg. Once Mg degrades within the human body, the
degradation products are metabolized by the human body and thus bioabsorbable [92]. This is
considered physiologically beneficial, with the adult body storing about 30g of Mg in both bone
and muscle tissue [93]. This makes Mg and its corrosion products a very promising material for
temporary and transient medical implants. Furthermore, Mg importance to the human body is
based on the fact that it is a bivalent ion which is used to form apatite in the bone matrix and also
used in a number of metabolic processes within the human body [94]. Its deficiency in the
human body has been linked to various pathological and cardiovascular diseases and disorders
[21, 22, 78, 95].
Although Mg and its alloys have been used over the past decades for biodegradable
orthopedic implants [15, 17, 20, 96] due to its high tensile strength and a Young’s modulus
similar to natural bone, these materials are novel in their application to coronary stents [97] as
this is a paradigm shift from developing only highly corrosion resistant metallic stents to
biodegradable bioabsorbable stents. Theoretically, pure Mg material does not favor its
application for stent due to its poor mechanical and highly corrosive characteristics [80]. The
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very poor corrosion resistant property results in the rapid release of degradation products. A very
high rate of degradation under physiological conditions can cause a reduction in the structural
and mechanical integrity of the implant before accomplishing its intended purpose or aim [20].
This further leads high concentrations of Mg in the localized regions resulting in the rapid
production of hydrogen gas. The formation of hydrogen gas bubbles may delay the healing
process and result in the increase in pH around the implant [20, 98]. This can cause local
alkalization which can severely affect the pH dependent physiological process in the vicinity of
the implant [99]. To improve the poor mechanical and highly corrosive properties of pure Mg,
alloying and surface coating/treatment has been proved to be effective techniques to employ [17,
20, 96].
According to literature, currently there are two magnesium based alloys AE21 (2% Al,
1% rare earth metal and the rest Mg) and WE43 (4% Yttrium, 0.6% Zirconium, 3.4% rare earth
metals, and the rest Mg) used for making stents [75, 97]. In a study conducted by Zartner et al.
[100], a Biotronik WE43 absorbable stent (AMS) gave a successful result when implanted in a
baby [100], but was not tolerated when implanted in another baby [101]. The same AMS stents
was also used in a separate study comprising of 63 patients with a relative good success [102].
While Mg alloy is a biocompatible material for stents implants as indicated and illustrated by
Heublein et al. [97] in their study with AE21 based stents, the safe long term use of a Mg alloy
based stent needs further studies.
Biodegradable metallic stents looks promising for the growing artery in children.
However, the types of degradation products, size of these products, and their biocompatibility
still need to be studied. Theoretically, the mechanical properties of Mg are poor for a coronary
stent. Although the degradation behavior of these stents is not controllable, local toxicity of the
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degradation products of these stents is unlikely because Mg is present naturally in the human
body. However, the impacts of elevated local concentration of these elements are unknown. A
detailed investigation is needed in this area based on large scale clinical trials.
2.3 Biological Corrosion of Magnesium
Failure due to rapid biological corrosion before it intended lifespan has been one of the
challenging clinical problems associated with the use of Mg based implants [96]. Although Mg
degradable stents appear to be a better and ideal solution alternative for the corrosion resistant
316L SS stents, a new area of study for improving Mg based alloys as a more effective transitory
stent with innate or hybrid local drug delivery is its biocorossiveness [5].
Mg implants face corrosion environments which are severe, hostile and consist of blood
and other constituent of the human body fluid such as water, chlorine, sodium, proteins, plasma
and amino acids [103]. The corrosion behavior and rate of Mg in its aqueous human body
surroundings is quite different from the corrosion in an industrial environment [96] due to other
variety of factors including, pH of the body fluids, ion concentrations, influence of the host
tissues and the presence and adsorption of proteins on the implant [104-106]. In this
environment, Mg having a negative electrochemical potential (-2.37V) tends to be very
susceptible to corrosion and further results in free ions migrating from metal surface into its
ambient environments [96]. In aqueous physiological environment, the corrosion behavior of Mg
can be expressed in the following equations below. The primary anodic reaction is expressed by
the partial reaction shown in equation (1) whereas at the same time the reduction of protons is
expressed by the partial reaction occurring at the cathode as shown in equation (2).
Anodic reaction: Mg  Mg2- + 2eCathodic reaction: 2H2O + 2e-  2OH- + H2
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The formation of hydrogen gas is another undesirable end product of the corrosion process in Mg
and its alloys. These hydrogen gas formation results from the rich chlorine environment which
leads to subcutaneous gas bubbles. The reactions of solid Mg and Mg (OH) 2 layer with chlorine
ions in an aqueous environment are presented below.
Mg + 2Cl-  MgCl2 + 2eMg (OH) 2 + 2Cl-  MgCl2 + 2OHIn general, the reaction of the corrosion process is presented by;
Mg + 2H2O  Mg (OH) 2 + H2
Generally, Mg corrosion encountered in the human body can take different forms ranging
from galvanic corrosion, granular corrosion, pitting corrosion, crevice corrosion, fretting
corrosion, stress corrosion, corrosion fatigue to erosion corrosion [96]. Whereas galvanic
corrosion typically occurs between two different metals with different electrochemical potential
when they come into contact, crevice corrosion can occur between two metals or a metal and
non-metal due to local contact. Granular corrosions occur due to contaminations and impurities
found during solidification in the grain boundary regions. The rapid corrosion of minute confined
areas which causes the protective surface oxide layer to damage results in pitting corrosion of
Mg in the human body [96]. Although the pits are initially very tiny, they are very corrosive and
tend to expand with time. Corrosion damage at the asperities of the contact surfaces is referred to
as fretting corrosion and is induced under load and in the presence of cyclic relative surface
motion caused by vibration [107]. The impact of wear debris located around the implant in the
human body causes the passive layer to wear. This phenomenon is termed as erosion corrosion.
As times passes on, this impact results in loss of materials from the metal surface [108]. The
result of a material being exposed to the combined effects of cyclic loading and corrosive
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environments results in corrosion fatigue. Advance studies with regards to Mg corrosion under
biological environments are somewhat lacking [5]. However, several researchers [20, 98, 109]
have studied the corrosion mechanism and behavior of both pure and alloyed Mg under
simulated physiological fluids. Their general conclusion is that, so long as a method can be
engaged to impede the corrosion reaction of Mg, it can surely be used as a degradable and
absorbable implant material for stents.
2.4 Controlled Degradation of Magnesium as an Implant Material.
Ideally, biodegradable implant materials should have a controllable dissolution rate
which permits the implants device to maintain it structural and mechanical integrity until it
primary purpose for which the device was implanted is fully achieved. To achieve this feat,
several studies have been conducted in efforts to control the degradation rates of Mg-based
implants long enough for the device to carry out its intended purpose. Two major and popular
techniques that have been proposed in literature are alloying and surface treatment/modification
[17, 20, 80].
2.4.1 Magnesium alloying. Generally, there exist three main categories of Mg alloys.
The pure Mg makes up the first category. The second category consist of rare earth elements
(RE) such as AE21 and aluminum (Al) containing alloys such as AZ31 and AZ91. The last
group comprises of Al free alloys such as WE, WZ, Mg-Ca and MZ [96]. Although, using each
of these different alloying elements have significant influence on the mechanical and physical
properties of these alloys ranging from improving the degradation resistance, refining the grain
structure and aiding in the shaping and manufacture of the Mg alloy [96], these elements needs
to be chosen carefully to preserve the biocompatibility of the Mg.
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According to literature, the two Mg based coronary stents currently in market were
manufactured using AE21 and WE43 Mg alloys [75, 97]. Both of these stents have been used for
in-vivo test with mixed results. As stated before, WE43 Mg alloy stent was tolerated by a baby
when implanted in a study conducted by Zartner et al. [100] but was not tolerated by another
baby in a different study conducted by Schranz et al. [101]. Although the composition of rare
metals in the WE43 stent is rarely known, it must be stated that certain rare metals such as
lutetium (Lu), praseodymium (Pr) and cerium (Ce) are normally well-thought-out as toxic to the
human body [99].
Witte et al. [110, 111] conducted an in-vivo study to characterize the biocompatibility of
a scaffold made of Mg alloy (AZ91D). In this study AZ91D scaffold rods were implanted in the
distal femur condyle of rabbit models. Their study revealed that, after 3 months the implanted
rod scaffolds were largely degraded and had been replaced with new bone tissues with most of
the original alloy elements disappearing. Also, in an in-vitro corrosion and biocompatibility of
binary Mg alloys study conducted by Gu et al. [112], nine alloying elements including Al, Ag,
In, Mn, Si, Sn, Y, Zn and Zr were individually added to Mg to formulate a binary Mg-1X (wt%)
alloy. When these alloys were evaluated (via in-vitro biocompatibility test, corrosion and
mechanical properties using immersion test, electrochemical corrosion test, tensile test, SEM,
XRD, cell culture and platelet adhesion test) it proved that the alloy elements can enhance the
strength and retard the corrosion of Mg. Also it was found that Mg-Al and Mg-Zn passed all tests
regarding cytotoxicity and had no negative effect on the viability of blood vessel related cells.
Although the long term health effects of some of these original alloying elements such as
Al which was totally dissolved into the rabbits study is currently unknown, with respect to the
human body, it is known that the release of Al will have an undesirable health complications on
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the human body [96, 113, 114]. In selecting an alloying element that is not toxic to the human
body, there is a definite requirement. As years goes by, researchers are shying away from using
commercially available Mg alloys for biomedical application studies and rather focusing on
formulating and testing their own blends of Mg alloys to make it suitable as an implant material.
One of such studies was conducted by Brar et al. [17] using Mg-15wt%Zn-2wt%Ca (ZX152)
alloy in an in vitro test. Table B-1 depicts some common alloying elements used in Mg alloys.
Although zinc (Zn) and calcium (Ca) have traces in the human body which means they are nontoxic, these elements have been proven to have mild effect on the corrosion rate of Mg [115].
Nevertheless, the results obtained from their test study when compared to the degradation rate of
pure Mg and AZ91 alloy under the same conditions were very much favorable and encouraging.
It was observed that the initial degradation rate of the pure Mg and AZ91 alloy were
approximately double that of ZX152.
2.4.2 Magnesium surface treatment and modification. Although significant efforts
have been made to decrease the corrosion rate of Mg through alloying with different metals,
there has been limited success. Many Mg alloys still continue to completely degrade before the
end of their intended timeframe. Moreover, depending on the alloying elements/metals, the ions
leached from these metals upon degradation can have an adverse effect on its host as reported in
Table B-1. The mechanical properties and characteristics of Mg based alloys are dictated by its
bulk properties, but the interaction between the metal and the surrounding tissue environment of
the body is influence by the surface properties [96]. As a result, surface treatment and
modifications can have a major role to play governing the degradation rate of Mg.
There are different types of surface modification processes to resist Mg implant
corrosion. These include mechanical modification to induce surface and subsurface properties,
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physical and chemical modification, wet chemical processes, and lastly polymer coatings [96].
According to literature, coating the metal component with a protective barrier that effectively
isolates the metal from its surrounding environment is the most effective way to prevent
corrosion [96]. This protective coating needs to be well adhered and uniformly applied to be
effective against corrosion. Furthermore, to achieve an effective surface coating, surface cleaning
and or pre-treatment needs to be done to prevent the formation of oxide layer on the surface and
assist the coating to adhere to the metal surface [96].
To induce surface and subsurface properties of Mg via mechanical modification,
Denkena et al. [116] revealed a significant reduction in the corrosion rate of Mg-Ca alloy that
was deep-rolled, compared to the same alloy that was machined. In a separate study to
investigate the effect of surface and subsurface treatments on Mg alloys, Hoh et al. [117] applied
three surface machining treatments (smooth cylinder machined, smooth cylinder machined and
sand blasted, threaded cylinder structure) to Mg-Ca alloy. These different surfaces were then
used in an in-vivo study by implanting them in rabbit models and studied after six months. Hoh
et al. noted that the Mg-Ca alloy with the smooth cylinder machined treatment revealed the least
structural loss followed by the threaded cylinder topography alloy and finally the sand blasted
treatment alloy. This results indicated that, the smoother the Mg-Ca alloy is, the more corrosion
resistant it can be. Liu et al. [118] employed the ion implantation technique as a chemical
treatment to modify the surface of Mg alloys to increase its corrosion resistance properties. In
this study, surgical AZ91 Mg alloy was bombarded with Ti ions to significantly improve it
corrosion resistant property due to the formation of a compact TiO2 surface layer formed on the
Mg alloy.
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Thermal spray coating is another physical modification technique that was employed by
Zhang et al. [119] to deposit Al on an AZ91D Mg alloy substrate to significantly improve its
corrosion resistance property. A post-heat treatment was later carried out to ensure the Al coating
adhered properly to the Mg alloy substrate. Although this technique helps to reduce the rapid
corrosion of Mg alloys, the use of Al in this study is not ideal as this can leach toxic Al ions
when used as a biomedical implant [96]. Lastly, using a chemical process treatment, Song et al.
[120] were able to use an electro-deposition technique to produce hydroxyapatite coatings on
AZ91D Mg to effectively and significantly reduce its rapid corrosion property.
2.5 Surface Modification of Stents Materials.
Often, surface modification are done on medical implants to enhance surface texture,
biocompatibility, wear resistance, and corrosion resistance [121-123]. To change the surface
characteristics of implant materials, various surface modification techniques have been
developed thus far. Several of these techniques have been applied to modifying the surface
properties of coronary stents. Surface texture, surface potential, surface energy and stability of
surface oxide layer are the main surface characteristics of a stent material which influences
neointimal hyperplasia and thrombosis [124, 125]. For instance, thrombogenicity is often greater
for a particular stent material with rougher surface [126-128], whilst it tends to increase with an
increasing surface energy [129]. Scheerder et al. [130] have proven in their study conducted,
that, it is possible to decrease thrombogenicity and neointimal hyperplasia of metallic coronary
stents using different animal models by improving their surface texture via electrochemical
polishing. In a separate study conducted by Scheerder et al. [131], a polymer coating was used to
reduce the surface energy of a stent material significantly which resulted in reduced thrombosis.
This and other similar researches have sparked the use of polymeric coatings to significantly
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reduce the surface energy of metallic stent surfaces thereby reducing thrombogenicity and
neointimal hyperplasia. Also the surface oxide stability and surface potential of a metallic stent
surface directly affects its biocompatibility as the surface oxide layer acts as a barrier to the
release of ions from the bulk materials underneath the surface [80].
One can improve the surface properties of a stent significantly by coating. As stated, by
doing so the surface energy can be reduced, surface potential can be neutralized, surface texture
can be smoothened, and finally surface oxide layer stability can be enhanced. These
enhancement can directly influence neointimal proliferation and thrombosis which both can
reduce restenosis [80]. These coatings can also be used as a medium or platform for loading
drugs towards controlled delivery at the localized site to inhibit intimal hyperplasia.
2.5.1 Stent coating techniques. Currently, some commonly used technique for coating
stents are; sputtering followed by ion bombardment [31-33], galvanization [33], spraying [3843], dipping [44-46], and plasma-based deposition [10, 52-54].
2.5.1.1 Sputtering/ion bombardment. This technique involves the bombardment of a
metallic stent surface with ionized particles which will penetrate the surface and become
embedded in the sub-surface of the stent material. With this technique, whereas the bulk
properties of the stent surface remains the same, there are physiochemical changes occurring in
the sub-surface [96]. In an in-vitro study conducted by Liu et al. [118], corrosion behavior of a
surgical AZ91 Mg alloy was significantly improved by modifying the surface using Ti ion
bombardment. One major disadvantage with the use of this technique is that it is not universal.
This method is restricted to be used for inorganic coatings (gold, platinum, silicon carbide,
platinum, etc.) only.
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2.5.1.2 Galvanization. Galvanization refers to an electro-deposition process used to add a
protective metallic thin layer on an item made of steel. This technique was used by Hehrlein et
al. [33] to study the influence of surface texture and charge on the biocompatibility of
endovascular stents. In his study, twenty-four 316L SS Palmaz-Schatz stents were either
galvanized or coated via argon ion bombardment. These stents were then implanted in rabbit
iliac arteries models and studied after 4 weeks. Although both coating techniques helped reduced
neointimal hyperplasia, it was realized that, neointimal hyperplasia had reduced significantly in
stent coated with argon ion bombardment as compared with those galvanized. This technique is
only suitable for stainless steel stents. Also the coating or thin film material can only be metallic.
2.5.1.3 Spraying. Depending on the mode of trigger, spraying can be classified as either
electro-spraying, thermal-spraying or ultrasonic spraying. Thermal spraying involves the use of
semi-molten or molten material such as metal alloys, alloys, polymer, ceramics and composites.
Initially the material is fed into a gun and then heated to its molten state within a gas stream. This
gas stream is then directed towards the surface of the stent material via a micrometer size nozzle
[132]. Electro-spraying employs electrical forces for liquid atomization [38]. Electrostatic force
is applied to a continuous stream of coating materials which in tend aids with the deposition
process [41].
A novel drug-eluting stent for the treatment of coronary arterial stenosis was developed
by Chen et al. [42] and tested in-vitro. Using a layer-by-layer alternate, aqueous bovine type 1
collagen and sirolimus were spray-coated onto a metallic stent surface. It must be noted that, to
create a barrier to control drug release, the topcoat was sprayed with collagen and then crosslinked by genipin to prevent dissolution of the collagen matrices. After the AFM, SEM, platelet
adhesion and enzymatic degradation tests, a balloon expansion test was conducted, Chen et al.
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concluded that the drug eluting stent developed in their study had tightly adhered multi-layers
capable of being used as a drug reservoir to sustain release of sirolimus. In another study
conducted by Huang et al. [43], 316L SS stents were spray-coated with a polymer embedded
drug to optimize the surface characteristic and successfully used to reduce inflammatory
response and neointimal hyperplasia.
It must be stated that, this technique is extremely sensitive to the physical properties of
the fluid whereas it is only limited to the use of solutions with low conductivity. Its high
efficiency rate and the fact that the process does not cause any damage to the substrate are some
of its advantages.
2.5.1.4 Dipping. This is a technique popularly used for creating uniform thin films unto a
stent surface. This process can accommodate both flat and cylindrical substrates. The substrate or
stent material is immerse into a coating solution and then withdrawn for the solvent to dry whiles
creating a coating layer on the surface.
To reduce restenosis, Heldman et al. [45] dip-coated Palmaz-Schatz stents with Taxol
and successfully implanted them in 41-porcine models to inhibit neointimal hyperplasia. In a
separate in-vivo test study conducted by Nakayama et al. [46], stents were dip-coated with
aqueous solution of photo-reactive material and implanted into a rabbit model. After 3 weeks of
implantation, gene expression and drug permeation were successfully observed in the vascular
tissues. This technique has also been successfully used to retard corrosion of Mg. Wang et al.
[133] immersed a Mg substrate into a calcium phosphate solution to form a layer on the surface
to control the degradation rate of Mg. During the first 21 days, the calcium-phosphate layer was
able to provide protection for the Mg substrate when immersed in a simulated body fluid.
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Although coating cannot be spatially controlled, it ability to be used for complex
structures with a very high production rate makes dip coating an ideal technique for stent
coating.
2.6 Direct Write (INKJET) Printing System as a Proposed Stent Coating Technique.
This is a non-contact printing technique commonly found in most homes and offices for
conveying data to paper. Inkjet printing systems can be classified either as continuous or dropon-demand (DOD) depending on their mode of dispensing fluid. Whereas continuous mode
ejects a stream of continuous drops, DOD mode using a piezo transducer is the method of choice
due to its precise deposition of individual smaller drop size with no thermal influence and no
wastage of fluid. Although this technique is very popular in the electronic industry, its usage in
the medical device field is somewhat rare. It is considered the most potent technique for creating
organic electronic devices such as light-emitting diodes, biosensors, thin film transistors and
colored filters [56, 134]. Over the previous years, there is an increase in the demand of using
direct-write technologies such as the inkjet printing towards bio-manufacturing applications. In
the bio-manufacturing field, this technique has been employed for the fabrication of multilayered microspheres, deposition of bio-polymeric materials towards tissue engineering and
certain microfluidic applications.
In the field of polymer deposition, inkjet is regarded as a key technology [56] and makes
it an ideal technique for coating metallic stents with polymer/drug solutions. The problems
associated with conventional drug loading techniques are enormous. They ranges from the
incapability to firmly control and maintain drug concentration, variations and inconsistency in
drug concentration from device to device, recurrent webbing between the struts, inability to vary
drug distribution in a controlled and predetermined manner for a more desirable drug loading
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profile, and inability to control the local density of the drug [135]. Furthermore, issues with cost
also exist as wastage of very expensive active compounds during coating is a major problem
with most of these conventional techniques. The use of DOD inkjet printing eliminates all these
aforementioned problems associated with the conventional coating techniques. As stated by
Cooley et al. [136], “Inkjet based deposition requires no tooling, is non-contact, and is datadriven; no masks or screens are required; the printing information is created directly from CAD
information stored digitally. Being data driven, it is flexible. As an addictive process with no
chemical waste, it is environmentally friendly and cost effective”.
The major advantages of an inkjet stent coating technique stems from its excellent
process control, reproducible nature of the droplets and precise deposition onto the stent [135,
137]. Its ability to produce very complex coatings is also commendable. Thus different
polymer/drug combinations can be used in solutions to form multi-layered coatings. The local
thickness or density of the polymer/drug can be varied to achieve different release kinetics
behaviors at target specific locations. It offers an exclusive advantage for coating miniature and
complex medical devices like stent with drugs/polymer combinations in cases where the active
drug is very expensive and wastage is not tolerated [137].
Tarcha et al. [137] used the inkjet printing technique for the coating and loading of
polymer/drug solution on a 316L SS stent. However, based on an exhaustive literature review,
the proposed research of using direct-write inkjet method stands novel based on the approach of
retarding corrosion of Mg alloys and inducing drug release profiles of embedded biological
agents.
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2.7 Drugs and Polymers for Stent Coatings
The main cause of restenosis is as a result of unavoidable smooth muscle and endothelial
denudation during coronary angioplasty and stent replacement [138]. Although the inability to
deliver a sufficient drug amount at the localized injury site is the main reason for the failure of
methodical pharmacological treatment [139], optimization of the design and mechanical
properties of stents has resulted in a decrease in restenosis in spite of the fact that there is the
need for more research to be conducted on drug delivery platforms to further reduce it [80].
Presently, the implantation of a drug eluting stent is the primarily treatment for
restenosis. Over the years, the therapeutic drug attached to the stent has evolved. Although
heparin was the first drug attached directly to a stent, sirolimus and paclitaxel are the most
common on the market currently. In their study, Bonan et al. [140] were the first to successfully
coat heparin on a stent and implant it in 27 canine coronary artery models. Paclitaxel and
sirolimus are both anti-proliferation drugs primarily used for preventing neointimal hyperplasia
whereas heparin is effective in the reduction of neointimal proliferation and thrombosis [80].
Chen et al. [42] in their study to introduce a novel drug-eluting stent, successfully spray-coated a
316L SS stent with a multi-layer of collagen and sirolimus in an alternate manner in which the
drug was release without any burst effect. In a different study to inhibit neointimal hyperplasia in
a porcine model, Heldman et al. [45] loaded paclitaxel directly unto a stent surface by dipping it
in a solution containing paclitaxel and ethanol. A representation of the chemical structure of the
various therapeutic drugs is illustrated below.
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Figure 2.1. The chemical structure of the therapeutic drug (A) heparin, (B) sirolimus and (C)
taxol.
According to literature, there are three broad techniques for loading these drugs onto a
stent; directly attaching the drug unto the stents metallic surface, having to load the drugs in the
pores of the porous stents metallic surface and finally mixing the drug with a polymer before
coating the stent with the solution [80]. When drugs are loaded onto a metallic stent via polymer
encapsulation, not only does it serves as a medium of drug delivery but also provides surface
modification properties to further improve the biocompatibility, therapeutic effectiveness and
performance of the stent. Polymers used for stent coating are generally categorized into four
groups, namely; biodegradable polymers, non-biodegradable polymers (biostable), biological
polymers and copolymers. Polyethylene terephthalate (PET) is a popular biostable polymer
generally used for coating stents whereas poly-L-glycolic acid (PLGA) a biodegradable
copolymer is likewise used frequently for such purposes. Polyurethanes (PU) which is also a
copolymer have been used extensively to coat stents due to its excellent biocompatibility. PolyL-lactic acid (PLLA) is another popular biodegradable polymer commonly used to coat metallic
stents. A few other biological polymers extensively explored for stent coating are hyaluronic acid
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(HA), phosphorycholine (PC) and fibrin. Currently, other polymers used in coating stents include
parylene C, polyethylene-co-vinyl acetate (PEVA) and poly n-butyl methacrylate (PBMA). It
must be stated that polymer coatings is the preferred choice of loading drugs on stents due to its
ability to carry higher loads of drugs compared with the other methods.
2.7.1 Controlled drug delivery and release kinetics. Over the years, several methods
(injection, oral, trans-mucosal, topical and inhalation) have been used to deliver drugs to both
humans and animals. Among these delivery techniques, the use of localized drug delivery has
thus far been the most effective and encouraging due to its ability to limit toxicity to the human
body by treating only the infected site, increase drug bioavailability and accumulation in the
required zone [141]. Earlier approaches for treating restenosis through localized drug delivery
involved the use of catheter-mounted balloons and needles. Although this therapy were not
successful due to the quick washout of the drugs by the blood stream [139, 142], the concept of
localized drug delivery therapy to treat restenosis has evolved.
Presently there exist various controlled drug release systems ranging from novel
osmotically driven pills that deliver drugs at a constant rate to implants that release contraceptive
drugs for up to five years [143]. The manner in which a drug is release from a stent is generally
dependent on the way in which the same drug was coated or loaded unto the stent. In controlled
drug delivery, drug release generally occurs by either diffusion, chemical reaction or solvent
activation and transport [144]. Drugs can be released by simple diffusion if it was physically
adsorbed on the metal surface or in the porous surface. The ability to increase the drug dosage is
predominant in the porous surface than the metal surface due to it greater surface area. By
controlling the size and thickness of the pores, the amount of drugs to be released can be
controlled. In cases where the drugs are encapsulated inside a biostable polymer, they are also
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released by diffusion. This technique is commonly employed in the CYPHERTM and TAXUS
Express2TM stents currently on the markets. Although the amount of drugs loaded with this
technique is significantly more, the drug release rate per unit time is dependent on the thickness
of the outer coating [80]. When drugs are chemically attached to the surface of metallic stents,
the drug release rate depends on the rate at which the chemical bonds are cleaved which intend
depends on the orientation of the drug molecules which determines the trigger’s access to the
bond. According to literature, biodegradation is the most common phenomenon for drug delivery
[145-147]. The rate of drug release depends on the rate at which the polymer/drug matrix is
degraded. Ideally from an engineering point of view, it is preferable that biodegradable
drug/polymers coatings degrade by surface erosion, but conversely, most of these polymers
display bulk erosion when degrading [144]. In this case, the polymer/drug matrix becomes
highly porous as time progresses and eventually falls apart.

Figure 2.2. Bulk and surface eroding polymer matrix [162]
According to Langer et al. [144], “to achieve surface erosion, the monomers should be
hydrophobic to keep liquid out of the polymer/drug matrix interior”. Depicted in Figure 2.2
above is a representation of the two types of biodegradable polymer erosion that takes place.
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This research focus on the use of functional polymeric coatings towards corrosion control
of Mg alloy for cardiovascular applications. It also further focuses on the controlled release of
amorphous calcium phosphate towards cell proliferation for orthopedic applications.
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CHAPTER 3
Functional Coatings for Cardiovascular Implants
3.1 Introduction
The interface between an implanted medical device and its surrounding tissue can be critical to
biocompatibility, performance and therapeutic effectiveness. Careful choice and application of
materials at this interface is therefore key to the success of any medical implant device. The main
objectives of this research is to evaluate the corrosion resistance properties of different polymeric
coatings. The following approach was used to achieve this objective.


Fabricate and characterize the mechanical and structural properties of different
inkjet polymeric coated thin films on AZ31 Mg alloy substrates.



Study the surface morphology, and mechanical strength of these polymeric
coatings on planar AZ31 Mg alloy substrates.



Study the effect of different blends of PEUU coatings and coating thickness on
planar AZ31 Mg alloy substrates towards corrosion control.

3.2 Experimental Setup
Coating of the model stents was done exclusively through the use of a customized inkjet
printing system (JetLab 4 ®) manufactured by MicroFab Technologies, Plano, TX. The printing
system comprised of a 50µm orifice size nozzle fitted to a piezoelectric jetting head. The jetting
head was controlled by means of an electrical signal generating device which sends frequency
pulses and voltage input data to the inkjet printing system. The same signal generating device
was used to control the strobe delay used in illuminating the droplet to ensure only monodisperse drops are being ejected from the nozzle tip. Three biodegradable polymers with high
elasticity, low thrombogenicity, and drug loading capacity was designed as candidate polymers
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for drug-eluting and corrosion control “stent” coating. To minimize the impact of dust and
particulate contaminants, the entire coating system has been installed in a Class 1000 clean room.
3.2.1 Direct-write ink-jet printing method. The general mode of operation of inkjet
printing systems can be classified either as continuous inkjet printing (CIJ) or drop-on-demand
inkjet printing (DOD). For the purpose of this research work, the DOD mode was employed.
During the coating process, the jetting fluid fills the capillary chamber. When a certain voltage is
applied to the capillary walls with a piezoelectric crystal material, a distortion is caused that
triggers the walls to bow outwards. This distortion causes the pressure of the fluid to be jetted to
drop, drawing in more fluid into the capillary. When the walls return to their original position
upon the release of voltage, a drop is ejected through the print nozzle orifice. In principle, a
droplet is only ejected when the amount of kinetic energy transferred outwards is larger than the
surface energy needed to form a droplet. In DOD mode, the fluid is maintained at ambient
pressure and a transducer is used to create a drop, as needed. The transducer creates a volumetric
change in the fluid which creates a pressure wave. The pressure waves, traveling to the orifice,
are converted to fluid velocity, which results in a drop being ejected from the orifice. The
transducer can either be a piezo or thermo transducer. For this research, a piezoelectric
transducer was employed as it is readily adaptable to fluid micro-dispensing applications.
Further, this does not create thermal stress on the fluid which in tend decreases the life of the
fluid. In cases where biological fluids are being printed, unlike the piezoelectric transducer, the
thermal transducer can cause heat damage and denature these biological fluids. Finally, the
piezoelectric transducer does not depend on the thermal properties of the fluid to impart acoustic
energy to the working fluid. According to Cooley et al.[136], the single droplets on demand
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jetting mode can dispense spherical droplets with diameters of 15-200µm (2 pL to 5 nL) at rates
of 1 Hz to 25 KHz.

Figure 3.1. (a) MicroFab JetLab 4 Inkjet Printing System (b) Details of 4 fluid print head, 2-axis
heated platen and camera systems
3.2.2 Jetting optimization. To obtain a steady stream of uniform monodisperse droplets
capable of coating each model stent surface, certain key printing parameters need to be carefully
chosen and or optimized to improve the coating quality. These parameters include; the type of
print-head design type, jetting fluid properties and driving signal or waveform type. The two
main decisive factor choices associated with the print-head design for the purposes of this
research are the nozzle orifice size and the technology for dispensing fluid (i.e. thermal or
piezoelectric transducer). The print-head is designed to include nozzle orifice sizes ranging from
10 µm-80 µm. The nozzle orifice size and other jetting parameters determine the amount of fluid
being ejected from the nozzle for each drop. The higher the nozzle orifice diameter, the lesser
number of passes (layers) and time required to coat each model stent surface, hence the choice of
the 50 µm nozzle for this experiment. With respect to the technology for dispensing fluid, the
piezoelectric print-head technology was chosen for this experiment for reasons previously
discussed. Viscosity and surface tension are the two most important properties of the jetting fluid
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necessary to ensure an optimized droplet formation [148, 149]. In the case of the candidate
polymeric solutions being used in this experiment, the fluid properties will be manipulated by
varying the concentration of the polymer/solvent solution. This can be achieved either by
increasing or decreasing the weight (g) of polymer in the solution or by increasing or decreasing
the volume (mL) of solvent in the solution. After several trial tests, a decision to use a polymeric
solution with 1% w/v concentration was selected. Fluid behavior most commonly encountered
during the inkjet printing of polymeric solutions is non-Newtonian [149]. Such fluids usually
display high viscosity, density and surface tension characteristics. Typically, droplets from such
polymeric solutions remain attached to the nozzle through a persistent filament. The formation of
a pinch point above the main droplet usually begins the break-off process of the filament. This
behavior of polymer solutions is thought to be due to the elastic stresses associated with
extensional flow in the nozzle [149]. After the disintegration process, residual vibrations may
occur even after a single drop has been ejected and could influence the nature of the resulting
drops ejected. To cancel the effect of residual vibration, optimal jetting parameters (i.e. voltage
and frequency applied) need to be maintained and optimized.
The driving signal which results in a waveform is another key parameter which needs to
be optimized to aid maintain a steady uniform single drop capable of coating the model stent
surface. To obtain a perfect pulse waveform, three parameters, namely; jetting frequency, jetting
voltage and rise, dwell & fall times need to be optimized for the required droplet size, speed and
uniformity. The jetting voltage is applied to cause a deformation of the piezoelectric crystal
material attached to the nozzle. Whereas the rise time is the time required for the driving signal
to reach the optimal voltage, the fall time is that required for the voltage to decrease back to its
initial state. The time period in which the optimal voltage is applied to the piezoelectric crystal

40
material is refer to as the dwell time. Furthermore, the jetting frequency is directly proportional
to the speed of the droplets and inversely proportional to the droplet step size or pitch. A working
principle of the DOD inkjet printing setup with optimized droplets is depicted in Figure 3.2. The
schematic shows how optimized droplets are used to coat a given substrate. These droplets of
micrometer sizes are only visible through the use of a high speed CCD camera incorporated in

the printing system setup.
Figure 3.2. Schematic of the working principle of a piezoelectric DOD printing system used for
coating AZ31 Mg alloy
3.3 Materials & Methods
3.3.1 Model stent. Generally, stents are a crisscross wire mesh tubular shape medical
implant device typically used to prevent restenosis after angioplasty. Presently, 316L stainless
steel and cobalt-chromium are the two most commonly used biometallic material for fabricating
cardiovascular stents used in the human arteries. Although these metals are not recognized within
their physiological environment when use as stents, they permanently remain in the coronary
vessel wall far beyond the time required to accomplish its main goals. Such trend poses major
challenges to its immediate environment as well as the human body in general. The model stent
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used for this research was fabricated using a biodegradable and bioabsorbable metallic material.
A magnesium (Mg) alloy (AZ31) with composition of Mg-96%, Al-3% and Zn-1% was chosen
for this purpose. It is noteworthy to state that the constituent elements (Zn) of the selected Mg
alloy have some elemental traces in the human body. The selection of AZ31 Mg alloy for this
purpose will provide to an extent, better corrosion retardation and mechanical strength
characteristics compare to the pure Mg material. Since this research focuses primarily on the
material and fabrication aspect of a corrosion retardation mechanism, hence an actual
cardiovascular coronary stent fabricated using AZ31 Mg alloy was not used. In lieu, AZ31 Mg
alloy plates sourced from Alfa Aesar, MA, USA were used.
3.3.1.1 Mg alloy substrate preparation and pre-treatment procedure. In this research,
AZ31 Mg alloy plates were commercially acquired and used as substrates for the purposes of
coating fabrication and corrosion study. This research is towards revolutionizing biodegradable
Mg alloys; hence the choice of Mg substrate is appropriate in order to mimic the application of
the coatings. Mg alloy substrates were cut out of AZ31 Mg alloy plates into 10mm x 10mm
coupons. These substrates underwent a pre-cleaning procedure and were mechanically polished
progressively.
The pre-cleaning treatment of Mg alloy coupon substrates involved an initial rinsing of
the coupon substrates with ethanol to remove organic surface impurities followed by further
rinsing with excess ethanol. The rinsed AZ31 Mg alloy substrates were then dipped and washed
in 3mol L-1 of nitric acid in ethanol for degreasing. After that the substrates were washed with
excess acetone and then sonicated in acetone for 10 minutes to remove the acids at the surface.
The mechanical polishing process consisted of the use of 320, 600 and 1200 grit size SiC paper
respectively to eliminate surface adhered impurities. The polished Mg alloy substrates were
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further rinsed and sonicated in acetone repeatedly for 10 minutes. The substrates were finally
rinsed and stored in fresh acetone for coating fabrication.
3.3.2 Biodegradable polymer for stent coating. A number of methods have been
proposed for incorporating drugs into stenting applications. One of such techniques is through
the use of drug-loaded polymeric coatings. In this format, the drug to be released is
homogenously mixed with the polymer/solvent solution in the right proportions and carefully
coated on a bare stent material. With this drug loading technique, the rate of drug release is
found to be heavily dependent on the polymer degradation rate (as the polymer degrades, the
drug is released simultaneously) and the drug concentration. Typically, biodegradable polymers
are used for such applications. These polymers are natural or synthetic in origin and are degraded
in vivo, either enzymatically, non-enzymatically or both. When degraded, they produce
biocompatible, toxicologically safe by-products which are further eliminated by normal
metabolic pathways. The number of such materials used in or adjunct in controlled drug delivery
can be broadly classified as; synthetic biodegradable polymers or naturally occurring
biodegradable polymers [150]. The breath of polymeric materials used in drug delivery arises
from the multiplicity of diseases, dosage range and special requirements that may apply.
Biodegradable polymers, such as polylactide and poly(lactide-co-glycolide), have attracted
interest as reservoir coatings for anti-proliferative drugs with the premise that complete
degradation of the coating may avoid chronic inflammation and restenosis induced by residual
polymer after complete drug release [151]. Some biodegradable polymer coated drug eluting
stents, such as BioMatrix (Biosensors Int) and TaxCor (EuroCor GmbH), have been
commercialized in the European market and some clinical studies have been reported evaluating
drug eluting stents with biostable versus biodegradable coatings [152].
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A biopolymer suitable for coating cardiovascular stents should exhibit certain key
properties. These include; being biocompatible, having the ability to demonstrate selective
permeability, having the ability to biodegrade, and must demonstrate high mechanical strength.
To address the need for biodegradable, non-thrombogenic polymer, suitable for corrosion
control, controlled release and stent coating applications, three different proprietary formulations
of elastomeric poly(ester urethane) urea (PEUU-V), poly(ester urethane) urea with
phosphorycholine (PEUU-PC) and poly(ester urethane) urea with sulfobetaine (PEUU-SB)
containing non-thrombogenic groups were synthesized and obtained from University of
Pittsburgh, PA (Wagner Lab) for corrosion control and as a carrier for anti-proliferation drug
taxol. 3.3.2.1 Synthesis of poly (ester urethane) urea with phosphorylcholine groups (PEUUPC). Biodegradable polymers with high elasticity, low thrombogenicity, and drug loading
capacity continue to be pursued for vascular engineering applications, including vascular grafts
and stents. Biodegradable elastomeric polyurethane was designed as a candidate material for use
as a drug-eluting stent coating, such that it was nonthrombogenic and could provide
antiproliferative drug release to inhibit smooth muscle cell proliferation. Phosphorous containing
polymers have recently been the subject of extensive research in the biomedical field. This is in
part due to their properties such as biocompatibility, hemocompatibility, protein adsorption
resistance and drug loading capacity [153]. The PEUU-PC used for the coating fabrication was
synthesized by Hong et al. [151] at University of Pittsburgh, PA according to this process as
state below. “PEUU-PC was obtained by grafting aminated phosphorycholine into poly (ester
urethane) urea with carboxyl groups (PEUU-COOH) through a condensation reaction between
carboxyl and amino groups. Specifically, PEUU-COOH was completely dissolved in agitated
DMSO solvent at 70 °C and then cooled to room temperature. An excess amount of
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phosphorycholine (PC-NH2) was dissolved in DMSO and then added to the PEUUCOOH/DMSO solution, following addition of an excess amount of DCC. The reaction continued
at room temperature overnight. For polymer precipitation, the polymer solution was poured into
ethylene ether, and then an excess of deionized water was added to precipitate the polymer. The
polymer was rinsed 3× using deionized water and then 100% ethanol 2× to completely remove
unreacted PC-NH2. The final product was dried in a vacuum oven at 60 °C for 3 days. The
PEUU-PC yield was approximately 75%.”
3.3.2.2 Synthesis of poly (ester urethane) urea with sulbetaine groups (PEUU-SB).
Biopolymers induced thrombosis remains problematic for a variety of blood contacting devices,
including on surfaces acting as temporary scaffolds and coatings. Sulfobetaine, a nonthrombogenic moiety used to minimize protein adsorption and thrombosis as a surface modifying
agent, would be an attractive functionality to introduce to improve the ongoing blood
biocompatibility for such materials. Incorporating the functionality into the backbone would
hypothetically maintain biocompatibility as the material degrades. PEUU-SB used for the
coating fabrication were synthesized by Hong et al. [154] at the University of Pittsburgh
(Wagner Lab) according to this process as state below. “Sulfobetaine diol (SB-diol) was
synthesized from 1,3-propane sultone and N-butyldiethanolamine in methylene chloride at 40oC
for 15 hour. Polycaprolactone (PCL, Mn=2000) and SB-diol were mixed at a molar ratio of
100/0, 75/25, 50/50, 25/75 or 0/100 in a 3-necked flask, and dried by azeotropic distillation in
toluene following dimethylsulfone (DMSO) addition. Diisocyanatobutane was charged under
argon and 0.5 wt% Sn(Oct)2 was added. After 3 hour reaction at 70oC, a putrescine/DMSO
solution was added dropwise. The reaction continued overnight and the polymer was
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precipitated in H2O. The final product was immersed in isopropanol for 6 hour and dried in a
vacuum oven at 60oC for 3 days with a yield > 90%”.
3.3.3 Anti-proliferative drug. In the treatment of restenosis via the implantation of a
drug eluting stents (DES), the therapeutic drug attached to the stent has evolved over the past
years. The concept of delivering medications at the injury site has evolved from Heparin-coated
stents to present stents with drugs that inhibit neointimal hyperplasia such as Paclitaxel (Taxol)
and Sirolimus. The primarily purpose of the attached therapeutic drug is to block cell
proliferation which in tend prevents fibrosis that together with thrombus, could otherwise block
the stented artery.
For the purpose of this research, taxol drug was outsourced from LC Laboratories, PA
and used as the therapeutic drug to simulate release profiles for drug-polymer matrix coated on
the Mg alloy substrates. The choice and usage of taxol for stenting application is mainly due to
its anti-proliferative and anti-inflammatory characteristics capable of preventing restenosis after
angioplasty. Typically, taxol is a drug used in the treatment of cancer. This drug binds to the
tubulin protein of microtubules, which are the components of cells that provide structural
framework and enable cells to divide and grow. The abnormality, (taxol/microtubule complex) in
vascular smooth muscle cells inhibits cellular replication and ultimately causes cellular death
[155].
Viscoelastic properties strongly influence the polymer matrix system to maintain its
structural integrity and drug release profiles. Furthermore, the rate of drug release directly
depends on the rate at which the polymer/drug matrix is degraded. To achieve the desired
viscoelastic and mechanical properties needed for optimal drug release, variation of polymer and
drug concentration, as well as thickness was considered and applied in the design of the polymer
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thin film coatings. It is noteworthy to state that the optimality of a given release profile is
dependent on the type of application being employed. In this research, the intent is to use a
constant drug concentration for all polymeric coatings to study the corrosion rate of AZ31 Mg
alloys for stenting applications.
3.3.4 Polymeric-loaded paclitaxel solution preparation. The various coating polymeric
solutions were prepared by dissolving the three biopolymers (PEUU-V, PEUU-PC and PEUUSB) and paclitaxel (1 wt% of polymer) in separate quantities of 2, 2, 2-trifluoroethanol (TFE)
solvent purchased from Sigma-Aldrich, Allentown, PA to obtain a 1% w/v solution of the
polymeric candidates. These polymeric solutions were then sonicated for 20 minutes to help aid
a homogeneous mixture and further filtered using a 30µm pore size filter to remove any debris.
The polymeric solution concentration (1% w/v) chosen for this research was based on
preliminary trials conducted with various polymeric solution concentrations to ascertain the best
fit for jettability using the available set-up. Polymeric solutions of 1% w/v concentration was
found to be the highest concentration capable of being jetted and printed with relative ease using
the direct-write inkjet system, hence the choice. The purpose of polymeric coating is to act as a
barrier layer that retards rapid corrosion of AZ31 Mg alloy.
3.4 Polymer Coatings Fabrication for Corrosion Control of AZ31 Magnesium Alloys.
The main objective of this study was to investigate the effect of various polymeric
coating designs on Mg alloy corrosion rate. In this experimental study, three different polymeric
solutions (PEUU-V, PEUU-SB and PEUU-PC) loaded with taxol were used candidate coating
materials. The use of surface modification technique via DOD inkjet printing of polymeric
coating is essential to ensure that the stent lifespan is extended until its intended function is
completed. It also aids to control the release of Mg ions into the blood stream.
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3.4.1 Sample fabrication and coating. Pre-cleaned and mechanically polished (both
sides) AZ31 Mg alloys coupons of dimensions 10mm x 10mm were used as coating substrates
for this experiment. Using a customized DOD direct write inkjet printing system, mono-disperse
micro-droplets of the various polymeric candidate fluids were generated and used to coat each
Mg alloy substrate. A print design script was written and programmed through a motion
controller to create uniform coating patterns. A 50 µm nozzle orifice was used and ideal jetting
parameters for consistent deposition were selected by optimizing the voltage, pressure and pulse
waveform throughout the entire printing process.
3.4.2 Design of experiments. The experimental design for this research consisted of
screening all possible experimental factors to determine which factors should be considered for
experiments. Further, the levels of each independent factor were determined to ensure that it
would have a significant effect towards the dependent variable.
3.4.2.1 Factor screening. Factor screening of potential independent variables were
evaluated to determine which factors would have the most significant impact on the response
variable (i.e. corrosion resistance) during sample preparation. The following factors were
hypothesized to have significant effect on corrosion resistance based on preliminary experiments.
The levels associated with each factor are noted in the parenthesis as follows:


Polymer type (PEUU-V, PEUU-SB and PEUU-PC)



Coating thickness (5 layers and 20 layers)

Based on preliminary studies, the taxol concentration in all the polymeric solutions was fixed at
5wt% to the respective polymer. Thus, the independent variables are stated as being the polymer
type and coating thickness whiles the dependent variable is the corrosion polarization resistance.
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3.4.2.2 Experimental factors and levels. To determine the effect of different polymeric
coatings on AZ31 corrosion resistance, two factors were considered in the experimental design.
These factors were polymer type and coating thickness. The corresponding level for each
independent factor was 3 and 2 respectively. Therefore, a 3 x 2 completely randomized factorial
design was conducted to assess the combination of the factors and their levels on corrosion
polarization resistance of AZ31 Mg alloy. Each experimental condition was replicated five times
(n=5) so that the variability associated with the experimental units can be estimated; thus
providing a total of 30 experimental samples. Three replicates (n=3) was used for corrosion
testing whereas two replicates (n=2) was used for adhesion, SEM and surface morphological
testing. A mechanically polished bare AZ31 alloy with no coating was used as a control in this
study. A completely randomized factorial design was analyzed for statistical significance to
evaluate interaction effects as well as main effects of factors on the response variable. Table 3.1
provides a list of the factors along with their respective levels.
Table 3.1
Experimental factors and levels
Factors

Levels

Polymer Type

PEUU-V, PEUU-SB, and PEUU-PC

Coating Thickness

5 and 20 layers

Jetting parameters were optimized to ensure consistency in the coating process. Before the
printing process, the run sequences of the experimental units were determined randomly.
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Table 3.2
Coated sample description and experimental condition

Run/Sample No.

Polymer Type

Coating Thickness
(Layers)

1
2
3
4
5
6

PEUU-V
PEUU-V
PEUU-SB
PEUU-SB
PEUU-PC
PEUU-PC

5
20
5
20
5
20

Statistical analysis using ANOVA technique was employed to ascertain the significance of each
experimental run on the response variable in the ensuing section before a conclusion was drawn.
Before using ANOVA to analyze the results obtained, model adequacy was checked. Below are
the set of hypotheses to be tested.
𝑆𝑒𝑡 1: {

𝐻𝑜 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑛𝑜 𝑖𝑛𝑡𝑒𝑟𝑎𝑐𝑡𝑖𝑜𝑛 𝑒𝑓𝑓𝑒𝑐𝑡 𝑏𝑒𝑡𝑤𝑒𝑒𝑛 𝑃𝑜𝑙𝑦𝑚𝑒𝑟 𝑎𝑛𝑑 𝐶𝑜𝑎𝑡𝑖𝑛𝑔 𝑇ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠
𝐻1 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑖𝑛𝑡𝑒𝑟𝑎𝑐𝑡𝑖𝑜𝑛 𝑒𝑓𝑓𝑒𝑐𝑡 𝑏𝑒𝑡𝑤𝑒𝑒𝑛 𝑃𝑜𝑙𝑦𝑚𝑒𝑟 𝑎𝑛𝑑 𝐶𝑜𝑎𝑡𝑖𝑛𝑔 𝑇ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠

𝑆𝑒𝑡 2 ∶ {

𝐻𝑜 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑛𝑜 𝑚𝑎𝑖𝑛 𝑃𝑜𝑙𝑦𝑚𝑒𝑟 𝑒𝑓𝑓𝑒𝑐𝑡
𝐻1 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑚𝑎𝑖𝑛 𝑃𝑜𝑙𝑦𝑚𝑒𝑟 𝑒𝑓𝑓𝑒𝑐𝑡

𝑆𝑒𝑡 3 ∶ {

𝐻𝑜 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑛𝑜 𝑚𝑎𝑖𝑛 𝐶𝑜𝑎𝑡𝑖𝑛𝑔 𝑇ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠
𝐻1 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑚𝑎𝑖𝑛 𝐶𝑜𝑎𝑡𝑖𝑛𝑔 𝑇ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠

3.5 Experimental Characterization Techniques.
To determine the effectiveness of the various polymeric coating on corrosion resistance,
both qualitative and quantitative experimental characterization techniques were employed using
various procedures. Different structural characterization techniques were used during this
research. This section has been dedicated to discussing the various characterization techniques
that have been used to structurally characterize the fabricated coating films.
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3.5.1 Scanning electron microscopy. The morphology of the coating surfaces was
studied and analyzed using a scanning electron microscope (SEM) Hitachi SU8000. Depending
on the particular sample being analyzed, an acceleration voltage ranging from 5 to 10 kV was
used to capture high quality images. SEM was used to qualitatively characterize surface
morphology on various coating samples before the corrosion test.
3.5.2 Adhesion test. The adhesion test of any coating on the substrate is a very critical
factor to determine the quality of the coating for its proper applications [156, 157]. Low quality
films could peel off from the substrate and hence are of little importance towards their beneficial
application for substrate. The adhesion of the polymeric coatings to the Mg substrate was
evaluated according to the American Society for Testing Materials (ASTM) [158]. ASTMD3359-02 tape test was chosen to study the adhesion of polymeric coatings on the Mg alloy
substrates. In this test, a cross cut pattern of 1mm separation distance was made on the coating
samples. An ASTM standard pressure sensitive tape was firmly adhered onto the coatings and
then removed according to the procedure as described in the ASTM tape adhesion test.
3.5.3 Corrosion test. The corrosion performance of the various polymeric coatings in
aqueous media was measured using the electrochemical impedance spectroscopic measurement
technique.
3.5.3.1 Electrochemical impedance spectroscopy (EIS). The effect of different
polymeric material and coating thickness on corrosion polarization resistance of AZ31 Mg alloy
substrates was analyzed using EIS measurements. According to Cano et al. [159] , EIS is the
important electrochemical technique used for the study of coatings for metals corrosion. EIS
measurements were performed in Gibco Hank’s balanced salt solution (HBSS) using a Gamry
Potentiostat (R600, Gamry Instruments) at room temperature and a pH of 7.4. The choice of
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HBSS was based on an extensive literature review as it is the predominantly used solution for invitro corrosion test for cardiovascular devices. HBSS simulated normal ion concentration under
physiological tissue conditions. A standard three-electrode configuration consisting of Ag/AgCl
electrode and platinum wire were used as the reference and counter electrodes, respectively.
Fabricated polymeric coated AZ31 Mg alloy samples were used as working electrodes. EIS
measurements were performed in a frequency of 100 to 106 Hz using the Gamry R600
Potentiostat at the open circuit potential with a sinusoidal voltage of amplitude 10 mV. The
resulting sinusoidal current was measured at the platinum counter electrode. The samples were
immersed in the test solution for 15 minutes until steady state conditions before commencing the
experiments, fresh solution was used for each experiment. The analysis presented in this research
was performed using ECHEM ANALYST commercial software developed by Gamry. Below is
a schematic setup for the electrochemical corrosion testing. Figure 3.3 illustrates the
experimental setup used in this research.

Figure 3.3. Schematic of the experimental setup for electrochemical corrosion testing [160]
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3.5.3.2 Statistical analysis. Statistical analysis using analysis of variance (ANOVA)
technique was employed to ascertain the significance of each experimental run on the response
variable (polarization resistance).
3.6 Results and Discussion
3.6.1 Coating parameters. Drop on demand (DOD) printing technique was successfully
employed to coat all substrates towards the fabrication of these samples. Employing this
technique, the ability to obtain single droplets from each candidate polymeric solution blended
with taxol was successfully achieved. Jetting parameters were optimized for droplet consistency
and the final jetting parameters obtained at a reservoir pressure, peak voltage (Vpeak), period
and frequency of -24 psi, 36V, 77 µs and 300 Hz respectively are shown in Figure 3.4. Below is
a depiction of a single PEUU/taxol solution drop being jetted from a 50 µm nozzle.

(a)

(b)

Figure 3.4. (a) Jetting parameter for PEUU/Taxol coating fluid and (b) a single monodisperse
droplet from a 50µm printing nozzle
3.6.2 Scanning electron microscopy (SEM). The microstructures of the fabricated
polymeric coatings were studied using scanning electron microscopy. This technique was used to
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visualize mechanically polished bare AZ31 Mg alloy samples as well as fabricated coating film
samples before and after corrosion testing. SEM images of mechanically polished bare Mg alloy
substrate of different magnification are shown in Figure 3.5 below.

(a)

(b)

Figure 3.5. SEM images of mechanically polished AZ31 Mg alloy substrates (a) 2k and (b) 1.5k
magnifications.
Although final polishing of Mg alloy substrates prior to coating was done using 1200 SiC
grit paper, there are still slightly visible but fine polishing marks as seen in Figure 3.5 (a&b).
Nevertheless, these fine polishing marks were completely covered by the polymeric coatings
during printing. Surface morphology of the coated substrates revealed that the mechanical
polishing marks as seen on the bare AZ31 Mg alloy substrate (Figure 3.5) were covered totally
by the different polymeric coatings used. Substrates coated with PEUU displayed a surface
pattern with droplet-like raster spot. These raster pattern spots are believed to be precipitated
taxol beads and they were visible both on the 5-layers and the 20-layers as shown in Figure 3.6
(a) and (b). These findings are similar as shown by Perkins et al. [161].
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(a)

(b)

Figure 3.6. SEM images of fabricated PEUU-V coatings on AZ31 substrates (a) 5-layers (b) 20layers
SEM images obtained for PEUU-PC polymeric coatings showed a comparatively smoother
surface coating with less taxol precipitations as shown in Figure 3.7 below. This homogenous
mixture is due to the high drug loading capacity of the synthesized PEUU-PC as proven by Hong
et al. [151].

(a)

(b)

Figure 3.7. SEM images of fabricated PEUU-PC coatings on AZ31 substrates (a) 5-layers (b)
20-layers
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PEUU-SB polymeric coatings SEM images depicted a similar pattern as seen with PEUU. Beads
of precipitated taxol drugs were much bigger in size than the once seen in Figure 3.6.
Furthermore, these taxol beads tend to coagulate towards each other rather than the uniformly
displayed pattern seen under the PEUU coatings.

(a)

(b)

Figure 3.8. SEM images of fabricated PEUU-SB coatings on AZ31 substrates (a) 5-layers (b)
20-layers
3.6.3 Adhesion test. The adhesion of the polymeric coatings to the AZ31 Mg alloy
substrate was evaluated according to the American Society for Testing Materials (ASTM) [158].
ASTM-D3359-02 tape test was chosen to study the adhesion of the various polymeric coatings
on AZ31 Mg alloy substrates. A lattice pattern with 7-9 cuts in each direction was made in the
polymeric film to the substrate. Pressure sensitive tape was then applied over the lattice and then
removed. Adhesion was evaluated by comparison with descriptions and illustrations as stated by
the ASTM D3359-02 procedure [162]. Optical images obtained before and after applying the
pressure sensitive tape to the polymeric coated samples depicted coatings that were undetached
from the substrates. This indicates a strong adhesion between polymeric coatings and AZ31 Mg

56
alloy substrate. Figure 3.9 shows an optical image before and after adhesion test for PEUU-V
coated samples.

(a)

(b)

Figure 3.9. Optical images of PEUU-V 5-layer coatings (a) before and (b) after adhesion test
As seen in the optical images after adhesion test, almost the whole coating was undetached after the removal of the pressure sensitive tape from the coated sample. A classification
of “5B” (0% area removed) was assigned as the adhesion test results for each sample fabricated.
This indicated that the polymeric coatings strongly adhered on the surface of the AZ31 Mg alloy
substrate.
3.6.4 Coating thickness and surface profile. Coating thickness was evaluated using the
Alpha-Step IQ surface profilometer. Polymeric films were cut to reveal the cross-sectional and
thickness profiles. The average coating thickness for 20-layer coatings was estimated at 19 µm
whereas that for a 5-layer coating film was estimated as 8 µm. Since these two coating layer
levels gave distinct differences in thickness measurement, the effect of coating layers/thickness
on corrosion rate can be ascertained via statistical analysis.
Using the same equipment, the surface metrology of our coatings was studied as well. It
was found that surface morphology of the various polymeric coatings had variations in their
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surface topography for both 5 and 20-layer coatings. A screenshot from the Alpha-Step IQ
surface profilometer output for PEUU-PC 5-layers is as shown in Figure 3.10.

Figure 3.10. Surface roughness test output for PEUU-PC 5-layers
3.6.5 Electrochemical testing. The Electrochemical Impedance Spectroscopy (EIS) was
used as the main technique to characterize the corrosion protection performance of the polymeric
coatings. The corrosion resistance of the various polymeric coatings in Hanks solution media
was studied using the electrochemical impedance spectroscopy (EIS) analysis. EIS is a nondestructive technique that has rapidly developed into an important technique for corrosion
science and technology. These experiments were conducted using the Gamry Potentiostat (R600,
Gamry® Instrument). In the EIS studies, the experimental set-up consisted of an electrolyte
solution (Hank’s balanced salt solution), a reference electrode (standard Ag/AgCl electrode), a
counter electrode (platinum wire), and the coated sample of interest, which is the working
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electrode. The electrodes were connected to an electronic instrument called the Potentiostat. The
impedance of the material was estimated by applying small amplitude sinusoidal voltage
perturbation to the electrochemical cell and the resultant sinusoidal current was recorded. During
the experiment the frequency was varied while recording the impedance as a function of
frequency.
Impedance data from EIS can be interpreted in a number of graphical representations.
The Nyquist and Bode plots are two of the most common graphical representation use to display
EIS results. Typical Nyquist and Bode plots are shown in Figure 3.11 and Figure 3.12
respectively. A Nyquist plot presents the real (Zꞌ) vs. imaginary (Zꞌꞌ) impedance components,
while the Bode plot is a graphical representation of the phase shift (θ), and the logarithm of the
absolute impedance (|Z|) vs. frequency. In the Nyquist plot, frequency decreases with increasing
Zꞌ. At higher frequencies, the impedance (Z) equals the solution resistance (Rs), whereas at low
frequencies the impedance approaches (Rs + Rp).

Decreasing frequency

Z (ohm cm )
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ll
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 = 2f
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Figure 3.11. A typical Nyquist plot
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Figure 3.12. A typical Bode plot
The higher the value of (Rs+Rp), the greater the corrosion resistance. The corrosion resistance
between two materials immersed in the same solution depends on the magnitude of the
polarization resistance, Rp. The difference between the Rs and Rs+Rp defines the magnitude of
the corrosion resistance [163]. EIS measurement results recorded from uncoated AZ31 and the
various polymeric coating samples with 20 and 5 layers are as shown in Figure 3.13 and Figure
3.14 respectively.
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Figure 3.13. Nyquist plot for bare and polymeric coated AZ31 for 20-layer samples
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Figure 3.14. Nyquist plot for bare and polymeric coated AZ31 for 5-layer samples
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The corrosion resistance of the various samples was estimated as a function of the
diameter of the semicircles shown in the Figure 3.13 and Figure 3.14; the smaller the diameter,
the lower the resistance to corrosion, and hence, the higher the corrosion rate. From both Figure
3.13 and Figure 3.14, it is obvious that the corrosion resistance (diameter of the semicircle) of
the polymeric coated AZ31 substrates are much higher than the bare AZ31 Mg alloy substrate.
The observed impedance shows that the corrosion resistance increases in this order; uncoated
AZ31 < PEUU-SB < PEUU-PC < PEEU-V for both 20 and 5 layer polymeric coatings. A sideby-side comparison of each polymeric coating factor and the levels are shown in Figure 3.15.

Figure 3.15. Nyquist plot for 5 and 20-layer comparison for (a) PEUU-V (b) PEUU-PC (c)
PEUU-SB50
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Although a side-by-side comparison of a 5 and 20 layer coatings from Figure 3.15 depicts a
significant difference in corrosion resistance of the various polymeric coatings, a modeled data
coupled with statistical analysis was used to ascertain this.
The corrosion resistance of the various polymeric coatings was also studied using the
Bode plot. The Bode plots obtained on mechanically polished bare AZ31 and polymeric coated
AZ31 substrates are shown in Figure 3.16 and Figure 3.17. The impedance modulus is much
higher for all the polymeric coated AZ31 substrates in comparison with the bare AZ31. These
impedance values are directly related to the corrosion resistance of the polymeric materials.
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Figure 3.16. Bode plots for uncoated AZ31 and coated PEUU-SB, PEUU-PC, PEUU-V 20 layer
samples
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Figure 3.17. Bode plots for uncoated AZ31 and coated PEUU-SB, PEUU-PC, PEUU-V 5 layer
samples
The observed impedance from the Bode plots shows that the corrosion resistance increases in
this order; bare AZ31 < PEUU-SB < PEUU-PC < PEEU-V for both 20 and 5 layer polymeric
coatings. The polymeric coatings with 20-layers were seen to offer better corrosion resistance
properties than their corresponding 5-layer coatings.
3.6.6 Equivalent circuit modelling. Detailed interpretation of the EIS plots was
performed by numerical simulation, using an equivalent circuit modelling (ECM). The analysis
of impedance data requires appropriate models based on the physical and chemical properties of
the system under study. In equivalent circuit modeling, the response of the electrochemical
system was modeled by a network of resistors, capacitors and inductors (passive circuit
elements) which mimics the physical and electrochemical properties of the system. Most
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impedance data reported in literature for polymer coated AZ31 metals exposed to corrosive
media [164-166] agree with the proposed circuit model as shown in Figure 3.18. The analysis
presented was performed using ECHEM analyst commercial software developed by Gamry®.
This software uses a complex non-linear least squares fitting procedure of several iterations to
mimic the experimental data whereas varying the parameters to minimize the error between the
fitted result and the experimental data.

Figure 3.18. Equivalent circuit model used for fitting experimental EIS spectra
The equivalent circuit model comprised of solution resistance (Rs), coating resistance (Rcoat),
constant phase element of the coated structure (CPEcoat), electron transfer resistance (Ret), and
constant phase element of double layer capacitance (CPEdl). For AZ31 samples, a magnesium
hydroxide layer is naturally formed and was modeled as a new time constant (CPEcoat,
corresponding capacitance) and magnesium hydroxide resistance (Rcoat). In the case of the
various polymeric coated AZ31 samples, Rcoat and CPEcoat were utilized as corrosion-resistance
coating layers. The summation of Rcoat and Ret for each sample is indicative of the corrosion
resistance of the sample.
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Table 3.3
Summary of EIS results for bare and coated AZ31 samples
Samples

Parameters
Rcoat (Ω)

Ret (Ω)

2.28

12060.00

PEUU-PC-20

19350.00

70850.00

PEUU-PC-5

8574.00

30145.2

PEUU-SB-20

23140.00

22280.00

PEUU-SB-5

7560.00

26400.00

PEUU-V-20

50300.00

59000.00

PEUU-V-5

42230.00

47230.00

Bare AZ31

The coating resistances (Rcoat, n = 3 median) and the electron transfer resistance (Ret, n = 3
median) obtained using the modeled equivalent circuit for Figure 3.13 and Figure 3.14 are
summarized in Table 3.3 for each experimental run. It is evident that the summation of Rcoat and
Ret for each of the polymeric coated AZ31 substrates was markedly higher than that of bare
AZ31 Mg alloy substrate. Similarly, 20 layer coating thickness provides a higher corrosion
resistance than their corresponding 5 layer coatings. From the graphical representation as shown
in Figure 3.19 the corrosion resistance increases in the same order as discussed previously.
Statistical analysis was performed on the obtained results to ascertain the significance between
the different coating layers.
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Figure 3.19. Graphical representation of total corrosion resistance for bare AZ31 and polymeric
coated AZ31 samples.
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Figure 3.20. Graphical representation of ratio of sample resistance (Rs) with respect to bare
AZ31 (Rps)
The porosity of polymeric coating is an important parameter for determining the quality
of the coating. For porous polymeric coatings, the pores provide direct path between the
corrosive media and the substrate leading to localized corrosion of the substrate. This form of
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corrosion has been reported to accelerate the corrosion of the substrate, in the case of magnesium
causing hydrogen embrittlement [167]. The more porous the polymeric coatings are, the faster
the degradation and corrosion rate since most of these biodegradable polymers undergoes
hydrolytic degradation. The porosity of the protective coating was estimated using Equation (3.1)
as proposed by Creus et al. [168].
E
 Rps 
 corr 
bA 

P

10
 Rp 



(3.1)

The total coating porosity rate is denoted by P whereas Rps is the polarization resistance of the
uncoated AZ31 substrate and Rp is the polarization resistance of the various polymeric coated
AZ31 sample. ∆Ecorr is the difference potential between the corrosion potentials of the coated
substrate and uncoated substrate, and bA is the anodic Tafel slope for the uncoated substrate.
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Figure 3.21. Graphical representation of the porosity of the various polymeric coatings
The porosity results as shown in Figure 3.21 can be correlated to the corrosion resistance
plots as shown in Figure 3.19. It can be deduce that, the more porous the polymeric coatings are,
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the less the corrosion resistance hence the higher the corrosion rate. The most porous coating was
PEUU-SB-5 which offered the least corrosion resistance protection properties. PEUU-V-20 had
the least porosity percentage and thus offered the greatest corrosion resistance of all the
polymeric coatings.
3.6.7 Statistical analysis of modeled EIS data. Statistical analysis using analysis of
variance (ANOVA) technique was employed to ascertain the significance of each experimental
run on the response variable (corrosion resistance) for each experimental sample. Using the
corrosion polarization resistance data for each experimental run (n=3) obtained from the
equivalent circuit model, SAS 9.3 statistical software was used to analyze the corrosion resistance
data obtained. Mechanically polished bare AZ31 was used as a control for this studies. Below are
the set of hypotheses to be tested.
𝑆𝑒𝑡 1: {

𝐻𝑜 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑛𝑜 𝑖𝑛𝑡𝑒𝑟𝑎𝑐𝑡𝑖𝑜𝑛 𝑒𝑓𝑓𝑒𝑐𝑡 𝑏𝑒𝑡𝑤𝑒𝑒𝑛 𝑃𝑜𝑙𝑦𝑚𝑒𝑟 𝑎𝑛𝑑 𝐶𝑜𝑎𝑡𝑖𝑛𝑔 𝑇ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠
𝐻1 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑖𝑛𝑡𝑒𝑟𝑎𝑐𝑡𝑖𝑜𝑛 𝑒𝑓𝑓𝑒𝑐𝑡 𝑏𝑒𝑡𝑤𝑒𝑒𝑛 𝑃𝑜𝑙𝑦𝑚𝑒𝑟 𝑎𝑛𝑑 𝐶𝑜𝑎𝑡𝑖𝑛𝑔 𝑇ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠

𝑆𝑒𝑡 2 ∶ {

𝐻𝑜 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑛𝑜 𝑚𝑎𝑖𝑛 𝑃𝑜𝑙𝑦𝑚𝑒𝑟 𝑒𝑓𝑓𝑒𝑐𝑡
𝐻1 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑚𝑎𝑖𝑛 𝑃𝑜𝑙𝑦𝑚𝑒𝑟 𝑒𝑓𝑓𝑒𝑐𝑡

𝑆𝑒𝑡 3 ∶ {

𝐻𝑜 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑛𝑜 𝑚𝑎𝑖𝑛 𝐶𝑜𝑎𝑡𝑖𝑛𝑔 𝑇ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠
𝐻1 = 𝑇ℎ𝑒𝑟𝑒 𝑖𝑠 𝑚𝑎𝑖𝑛 𝐶𝑜𝑎𝑡𝑖𝑛𝑔 𝑇ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠

Before ANOVA technique was used, model adequacy was checked. The residual plots
(normality, independence and variance) from SAS output indicated no violation. Furthermore, the
test for normality was confirmed with the Shapiro-Wilk test. Since p-value 0.6714 > α (0.05) as
shown in Figure 3.22, the null hypothesis cannot be rejected. Hence at 0.05 significance level,
there’s enough evidence to conclude that the data is normally distributed.
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Figure 3.22. SAS output for test of normality

Figure 3.23. SAS ANOVA GLM procedure output
From Figure 3.23, hypothesis testing was conducted for both interaction and main effects.
Higher order (PolymerType * CoatingThickness) interaction effect was analyzed first. At a 0.05
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significant level (α), since p-value (<0.0001) < α (0.05), there’s sufficient evidence to conclude
that there’s interaction effect between polymer type and coating thickness. Although this result is
not as evident on the interaction plot (Figure 3.24), statistically there’s an interaction effect and it
is significant.

Figure 3.24. Interaction plot for polarization resistance
Since there’s a statistical significant interaction effect between polymer type and coating
thickness, the main effect may not be valid as this interaction effect might affect those results.
Hence, simple main effect was analyzed by slicing. Figure 3.25 and Figure 3.26 depicts SAS
output for slicing.
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Figure 3.25. SAS output for interaction effect sliced by polymer type for resistance
In analyzing simple main effects, when polymer type is fixed at PEUU-PC, PEUU-SB and
PEUU-V levels respectively, it can be concluded that there’s a significant simple main effect for
coating thickness since p-value (<0.0001) < α (0.05) for all three levels.

Figure 3.26. SAS output for interaction effect sliced by coating thickness for resistance
Similarly, when coating thickness is fixed at 5 and 20 levels respectively, there’s a significant
simple main effect for polymer type since p-value (<0.0001) < α (0.05) for all two levels.
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Figure 3.27. SAS output for pairwise comparison using lsmeans
To further validate the significant difference between the various treatment levels on
corrosion resistance, a pairwise comparison using lsmeans with pdiff option was conducted. SAS
output for pairwise comparison as shown in Figure 3.27 indicates there is significant difference
between various treatment levels. At a 0.05 significant level, when PEUU-PC is held constant at
a 5 coating thickness, there’s enough evidence to conclude that it has a significant difference
with PEUU-PC _20 coating thickness, PEUU-SB_20 coating thickness, PEUU-V_5 coating
thickness and PEUU-V_20 coating thickness. Similarly, at a 0.05 significant level, when PEUUPC is held constant at a 20 coating thickness, there’s enough evidence to conclude that it has a
significant difference with PEUU-SB _5 coating thickness, PEUU-SB_20 coating thickness, and
PEUU-V_20 coating thickness. Furthermore, at a 0.05 significant level, when PEUU-SB is held
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constant at 5 coating thickness, there’s enough evidence to conclude that it has a significant
difference with PEUU-SB _20 coating thickness, PEUU-V_5 coating thickness, and PEUUV_20 coating thickness. Also, at a 0.05 significant level, when PEUU-SB is held constant at a 20
coating thickness, there’s enough evidence to conclude that it has a significant difference with
PEUU-V_5 coating thickness and PEUU-V_20 coating thickness. Finally, at a 0.05 significant
level, when PEUU-V is held constant at a 5 coating thickness, there’s enough evidence to
conclude that it has a significant difference with PEUU-V_20 coating thickness.
Based on the statistical analysis conducted using ANOVA, it can be concluded that, at a
0.05 significance level, different type of polymeric coatings and coating thickness have
significant effect on corrosion resistance of AZ31 Mg alloy.
3.7 Summary
The direct-write inkjet printing technique was successfully employed to fabricate
polymeric coatings using different blends of PEUU encapsulated with taxol drug. Biodegradable
AZ31 Mg alloy coupons were utilized as the coating substrate towards the study of corrosion
control. Jetting parameters were optimized for consistent coating across for all polymeric
solutions. Surface morphology of the coated substrates revealed that the mechanical polishing
marks as seen on the bare AZ31 Mg alloy substrate were totally covered by the different
polymeric coatings used. Substrates coated with PEUU-V and PEUU-SB displayed a surface
pattern with droplet-like raster spot. These raster pattern spots are believed to be precipitated
taxol beads and were visible both on the 5 and 20 layer coatings. Coating thickness was
estimated to be 8 µm and 19 µm for 5 and 20 layer coatings respectively. Using the Alpha-Step
IQ surface profilometer, coatings surface was found to be non-uniform for both 5 and 20 layer
coating thickness although they adhered very strongly to the substrates.
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Corrosion studies were performed using the EIS. EIS measurement results obtained
indicated that all the various polymeric coatings have a significant effect on the corrosion rate of
AZ31 Mg alloy. PEEU-V polymeric coatings offered the greatest polarization resistance to
corrosion and the least porous material. PEUU-SB offered the least resistance to corrosion and it
was also noted to have the highest porosity amongst all the various polymers. Coating thickness
also had a significant effect of polarization resistance of these polymeric coatings. The
polarization resistance values obtained using the equivalent circuit model was further analyzed
using SAS 9.3 statistical software to ascertain the results obtained. Based on the statistical
analysis conducted using ANOVA, it can be concluded that, at a 0.05 significance level, each
treatment level had a significant effect on corrosion resistance of AZ31 Mg alloy.
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CHAPTER 4
Functional Coatings for Orthopedic Applications
4.1 Introduction
Complications as a result of osteoporosis are an important healthcare problem [169].
Although osteoporosis has been studied for several decades, the effective integration of an
implant device with the bone structure is yet to be addressed [170]. Medical procedures are
carried out to millions of people each year to address bone related injuries each year in the
United States [171, 172]. To address these bone related injuries, several materials have been and
currently in use to either replace or repair damaged bone as a result of injury and other ailments.
The use of polymeric, metallic and ceramic based biomaterials have been on the ascendency for
such procedures [172]. Calcium phosphate and hydroxyapatite are the most widely used ceramic
materials. These are brittle in nature with poor tensile strength. Calcium phosphate is one of the
main combustion products of bone.
This research employs a direct-write inkjet printing technique for surface modification of
titanium (Ti) and magnesium alloy (AZ31) substrates (pretreated and bare). Polymeric materials
embedded with nanoparticles of Amorphous Calcium Phosphate (Ca10-xH2x(PO4)6(OH)2) for the
targeted release of bioactive agent to promote bone formations was employed. The use of
crystalline hydroxyapatite (HA) particles has been researched earlier [173]. However, due to its
stable and hydrophobic nature in physiological fluids, its release and efficacy for bone healing is
limited [174]. The purpose of this study is to investigate the effect of incorporating amorphous
calcium phosphate (ACP) nanoparticles within polymeric coatings for target release to promote
osseointegration. Poly (lactic-co-glycolic) acid (PLGA) is known to support osteoblast migration
and proliferation [172, 175-177], which is a necessity for bone tissue regeneration. However,
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preliminary studies done indicated a precipitation of ACP within the PLGA solution. The PLGA
coatings had random deposition patterns with some patches made up of polymeric coatings
without ACP. Hence PCL was finally chosen for the coating process as initial results gave
favorable outcomes.
A novel composition of the ACP was formulated towards effective proliferation and
differentiation of osteoblasts. The highly biodegradable nature of ACP resulted in the faster
release of embedded bioactive agents such as bone morphogenic protein-2 (BMP-2) [169]. The
direct-write coating method was incorporated to deposit multilayers thin films of these polymeric
films with bone pro-healing agents for orthopedic applications such as pins, fixation screws and
plates. Based on a detailed literature review, the use of direct-write inkjet coating technique and
a proprietary ACP formulation stands novel based on the application and approach of inducing
bioactive/growth agents release profiles of embedded biological agents.
4.2 Methodology
4.2.1 Materials. Proprietary nanoparticles of amorphous calcium phosphate (ACP) were
synthesized by controlled precipitation using water soluble calcium and phosphate salts at the
University of Pittsburgh (Kumta Lab) and provided for this experiment. These nanoparticulates
of ACP are expected to possess similar size and chemistry to the major inorganic components of
the human bone. Commercially available biodegradable PCL and solvent (2,2,2-trifluoroethanol
(TFE)) were obtained from Sigma-Aldrich. Thin Ti and AZ31 Mg alloy sheet sourced from Alfa
Aesar, MA, USA were cut into 10mm x 10mm coupons and used as substrates for the purpose of
depositing the embedded polymeric materials. The JetLab® 4 DOD Inkjet Printing System
(MicroFab Technologies Inc., Plano, TX) was employed for coating each substrates with the
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various polymeric solutions. MC3T3 cells were sourced to assess cellular viability based on the
different ACP embedded polymeric coatings for osseointegration studies.
4.2.2 Coating preparation. Different formulations of PCL and PLGA polymers were
prepared by dissolving the polymers in TFE solvent and stirring for 2 hours. The concentrations
of both PLGA and PCL solutions used for the coating process were fixed at 1%w/v. These
biopolymer solutions were further blended with ACP at 0.5%w/v and 1%w/v concentrations. The
resultant polymer/ACP solutions were then stirred for 2 hours and further sonicated for 4 hours
to obtain a completely homogeneous mixture before coating the Ti substrates.
4.2.3 Substrate preparation and pre-treatment procedure. All substrates using for
coatings underwent a cleaning procedure. The pre-cleaning treatment of Ti coupon substrates
involved an initial rinsing of the Ti coupon substrates with ethanol to remove organic surface
impurities followed by further rinsing with excess distilled water. The rinsed Ti substrates were
then dipped and washed in 3mol L-1 of nitric acid in water for degreasing. After that the
substrates were washed with excess of deionized water to remove the acids at the surface and
then dried. The mechanical polishing process consisted of using a 1200 SiC grit size paper to
eliminate surface adhered impurities. The polished surfaces were finally rinsed using deionized
water and the samples were air dried and stored in a cleanroom. The cleaning procedure was
carried on both sides of the substrates.
The pre-cleaning treatment of AZ31 Mg alloy coupon substrates involved an initial
rinsing of the coupon substrates with ethanol to remove organic surface impurities followed by
further rinsing with excess ethanol. The rinsed Mg alloy substrates were then dipped and washed
in 3mol L-1 of nitric acid in ethanol for degreasing. After that the substrates were washed with
excess acetone and then sonicated in acetone for 10 minutes to remove the acids at the surface
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The mechanical polishing process consisted of the use of 320, 600 and 1200 grit size SiC paper
respectively to eliminate surface adhered impurities. The polished Mg alloy substrates were
further rinsed and sonicated in acetone repeatedly for 10 minutes. The substrates were finally
rinsed and stored in fresh acetone for coating fabrication. The pre-cleaning and mechanical
polishing procedure was carried out on both sides of the substrates.
4.2.4 Printing/coating setup. The customized direct-write inkjet system (JetLab®4
DOD) was employed for the coating fabrication process (shown in Figure 3.1). A 50µm orifice
nozzle was used within the piezoelectric micro-valve for the coating processes. The jetting
process parameters were optimized to ensure a consistent deposition of the coatings layers. The
optimal coating process conditions for a combination run of the selected polymer and ACP
concentration were determined.
4.2.5 Polymeric-loaded ACP solution preparation. The various polymeric solutions
used for this experiment were prepared by dissolving certain amount of PCL in separate
quantities of 2, 2, 2-trifluoroethanol (TFE) solvent purchased from Sigma-Aldrich, Allentown,
PA to obtain a 1% w/v solution of the polymeric candidates. Amount of loaded ACP quantity
were varied at concentrations of 0.5 and 1% v/v respectively. These polymeric solutions were
then sonicated for 30 minutes to enable a homogeneous mixture to be formed. The purpose of
these polymeric coatings fabrication in this research is to facilitate the growth and proliferation
of osteoblast.
4.3 Polymer Coatings Fabrication for Cell Growth.
The main objective of this study was to investigate and study the effect of (a) different
ACP concentrations and (b) substrate type on the growth and differentiation of osteoblast. In this
experimental study, PCL loaded with different concentrations of ACP were used as candidate
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coating materials. The use of coating technique via DOD inkjet printing was employed for this
research.
4.3.1 Sample fabrication and coating. Pre-cleaned and mechanically polished (both
sides) AZ31 Mg alloys and Ti coupons of dimensions 10mm x 10mm were used as coating
substrates for this experiment. Using a customized DOD direct write inkjet printing system,
mono-disperse micro-droplets of the various polymeric candidate fluids were generated and used
to coat each substrate. A print design script was written and programmed through a motion
controller to create uniform coating patterns. A 50 µm nozzle orifice was used and ideal jetting
parameters for consistent deposition was selected by optimizing the voltage, pressure and pulse
waveform throughout the entire printing process. For all the samples, coating thickness was fixed
at 20 layers and coating was done on both sides of the substrate.
4.3.2 Design of experiments. The experimental design for this research is shown in
Table 4.1. Two variables (ACP concentration and substrate type) were chosen to study its effect
on cell growth. A 3x2 completely randomized factorial design was employed. The run sequence
for the coating process was determined randomly and each experimental run was replicated five
times (n=5) to enable the variability associated with the experimental units to be estimated. A
total of thirty (N=30) samples were fabricated for both characterization and in-vitro studies. Two
replicated (n=2) from each experimental run were used for coating characterization studies (SEM
and FTIR) whereas the other three samples (n=3) were used for in-vitro viability and cytocompatibility assessment using MC3T3 cells. Additional samples (n=3) were fabricated using Ti
substrates only for cell viability assessment. Mechanically polished Ti substrate and tissue
culture polystyrene (TCPS) samples were used as controls.
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Table 4.1
Experimental factors and levels
Factors
ACP concentration
Substrate types

Levels
0.5 % and 1 %
Ti, Mg alloy and Mg alloy pretreated with
Hydrofluoric acid (HF)

Jetting parameters was optimized to ensure consistency in the coating process. Before the
printing process, the run sequences of the experimental units were determined randomly.
Table 4.2
Coated sample description and experimental condition

Run/Sample No.

Coating Substrate

ACP Concentration (%
w/v)

1
2
3
4
5
6

Ti
Ti
Mg
Mg
Mg + HF pretreated
Mg + HF pretreated

0.5
1
0.5
1
0.5
1

4.4 Experimental Characterization Techniques.
4.4.1 SEM and FTIR techniques. The surface morphology of the different coatings
samples fabricated was studied using the SEM. Prior to taking these images, the polymeric
coatings were sputtered with palladium to ensure charge dissipation from the surface and capture
of high quality images. Images were taken at different magnification to study coating uniformity
and how well ACP bonds with the PCL polymer.
The Fourier transform infrared (FTIR) spectroscopy was performed on the sample
powders as well as on the obtained coating thin films using a Nicolet 6700 spectrophotometer
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(Thermo Electron Corporation) using a diamond ATR Smart orbit. Spectra were obtained at 1.0
cm−1 resolution averaging 32 scans to investigate and confirm the presence of ACP within the
polymeric coatings.
4.4.2 Cytocompatibility test. To test the biocompatibility of the various coatings, cell
adhesion and cyto-compatibility test was conducted. The influence of factors such as (a) ACP
concentration and (b) substrate type on osteoblast confluency and proliferation was investigated.
Murine osteoblast cell line, MC3T3-E1, was obtained from ATCC (Manassas, VA). Cells were
cultured under 37o C, 5% CO2, and 95% relative humidity in minimum essential medium alpha
(MEM-α, Gibco, Grand Island, NY) containing 10% fetal bovine serum (FBS, Atlanta
Biologicals, Lawrenceville, GA) and penicillin streptomycin (P/S, Gibco, Grand Island, NY).
Cells at third to seventh passage were used in this experiment. All the substrates were sterilized
under UV for at least 60 min. These sterilized substrates were placed in 12 well plates following
which cells were seeded on them at a concentration of 120,000 cells/well. 1 milliliter of media
per cm2 of surface area was used and the culture media was changed daily. The effect of ACP
concentration and sustained release of calcium and phosphate via the polymeric coatings on the
osteoblast viability was evaluated using the Alamar blue assay. This bioassay is designed to
measure quantitatively the viability of various human and animal cell lines [178, 179]. Cell
viability and adhesion on these coated substrates was also assessed using live/dead staining
(Invitrogen, Live/Dead Staining Kit). The live and dead cells were visualized at day 1 and 3 post
seeding using fluorescence microscope (Olympus-CKX41).
4.5 Results and Discussion
4.5.1 Coating parameters. Drop-on-Demand (DOD) printing technique was successfully
employed to coat all substrates towards the fabrication of these samples. Employing this
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technique, the ability to obtain single droplets from each candidate polymeric solution blended
with different concentrations of ACP was successfully achieved. Jetting parameters were
optimized for droplet consistency and the final jetting parameters obtained at a reservoir
pressure, peak voltage (Vpeak), period and frequency of -24 psi, 36V, 77 µs and 300 Hz
respectively are shown in Figure 4.1. Below is a depiction of a single PCL/ACP solution drop
being jetted from a 50 µm nozzle.

(a)

(b)

Figure 4.1. (a) Jetting parameter for PCL/ACP coating fluid and (b) a single mono disperse
droplet from a 50µm printing nozzle
4.5.2 Coating integrity. Surface morphology of the fabricated thin film coatings were
studied and analyzed using the SEM. All coatings displayed uniform deposition pattern and
adherence with their respective substrate. Figure 4.2 - Figure 4.4 shows the surface morphology
of the different coating films at different magnification.
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Figure 4.2. SEM micrographs of Ti-1%PCL-1%ACP at (A) 25k-X (B) 5k-X (C) 2k-X (D) 0.5kX (E) 0.2k-X (F) 0.1k-X magnifications

Figure 4.3. SEM micrographs of AZ31-1%PCL-1%ACP at (A) 25k-X (B) 5k-X (C) 2k-X (D)
0.5k-X (E) 0.2k-X (F) 0.1k-X magnifications
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Figure 4.4. SEM micrographs of HF pretreated AZ31-1%PCL-1%ACP at (A) 25k-X (B) 5k-X
(C) 2k-X (D) 0.5k-X (E) 0.2k-X (F) 0.1k-X magnifications
For all the coatings with ACP concentration of 1%w/v, the micrographs shows that the
coatings have no defects such as cracks or inclusions. At lower magnifications, all coatings
exhibit uniform deposition pattern and adherence with the substrates as seen above. At 25k
magnification, SEM images as shown above depict ACP particles bonding strongly with PCL
polymer.
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Figure 4.5. SEM micrographs of Ti-1%PCL-0.5%ACP at (A) 10k-X (B) 5k-X (C) 2k-X (D)
0.5k-X (E) 0.05k-X (F) 0.024k-X magnifications

Figure 4.6. SEM micrographs of AZ31-1%PCL-0.5%ACP at (A) 10k-X (B) 5k-X (C) 2k-X (D)
0.5k-X (E) 0.05k-X (F) 0.024k-X magnifications
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Figure 4.7. SEM micrographs of HF pretreated AZ31-1%PCL-0.5%ACP at (A) 10k-X (B) 5k-X
(C) 2k-X (D) 0.5k-X (E) 0.05k-X (F) 0.024k-X magnifications
For all PCL coatings with ACP concentration of 0.5%w/v, the micrographs shows
coatings have slightly different morphology as compared to coating films with 1% ACP
concentration. At lower magnifications, these coatings exhibit random deposition pattern but
good adherence with their corresponding substrates as seen from Figure 4.5 - Figure 4.7. At
lower magnifications, SEM images depict spots on all three substrates which represent regions
with the presence of more ACP than PCL. Further SEM investigations were conducted to study
these ACP rich spots as shown in Figure 4.8. These rich spots can be attributed to precipitation
and saturation of ACP within the coated regions at low concentrations.
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Figure 4.8. SEM micrographs of AZ31-1%PCL-0.5%ACP at (A) 0.05k-X (B) 1k-X (C) 10k-X
(D) 5k-X magnifications
4.5.3 Chemical composition. To investigate and characterize the conformation of the
polymer and ACP phases present in the coatings, Fourier transform infrared spectroscopy (FTIR)
was used. FTIR was performed on sample powders as well as the obtained films. Figure A-1 Figure A-3 shows the FTIR spectrum for the various experimental run samples. A side-by-side
comparison of these individual spectra is shown in Figure 4.9
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Figure 4.9. Fourier transform infrared spectroscopy (FTIR) comparison of PCL-1%ACP on
different substrates
Figure A-1 - Figure A-3 and Figure 4.9 shows absorbance peaks that are superimposed
for PCL and ACP within sample PCL-1%ACP and PCL -0.5%ACP samples for all the different
types of substrate used. This confirms the presence of the PCL polymer (C-H ~ 2850cm-1, C=O ~
1750 cm−1) and ACP phase within the coatings. In addition, the ACP peaks (PO43- group ~ 1000
cm−1 and 560 cm−1, CO32- group ~ 1640 cm−1) [180] are detected within the blended PCL-ACP
coatings. Figure 4.9 shows a side-by-side comparison of the FTIR results of the various samples
which shows that ACP exist within the polymeric coatings.
4.5.4 In-vitro cyto-compatibility assessment. To confirm cell growth and proliferation
of cells on all coated samples, cell viability was visualized by florescence image using live/dead
staining. Figure 4.10 - Figure 4.12 shows the live-dead cells at 72 hours (day 3) for different
polymeric coatings and positive controls (bare Ti and TCPS).
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Figure 4.10. Fluorescence images of live-dead MC3T3-E1 cells seeded on (A) bare AZ31 (B)
AZ31-PCL-0.5%ACP and (C) AZ31-PCL-1%ACP coated substrates
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Figure 4.11. Fluorescence images of live-dead MC3T3-E1 cells seeded on (A) bare HF
pretreated AZ31 (B) HF+AZ31-PCL-0.5%ACP and (C) HF+AZ31-PCL-1%ACP coated
substrates

Figure 4.12. Fluorescence images of live-dead MC3T3-E1 cells seeded on (A) bare Ti (B) TiPCL-0.5%ACP and (C) Ti-PCL-1%ACP coated substrates
This study demonstrated that osteoblast cells are biocompatible and that they actively
proliferate on all the PCL-ACP coatings for the different substrate used. All PCL-ACP coatings
showed comparable cellular attachment (green) for the different substrates used. Osteoblast
growth in the PCL-1%ACP coated samples exhibited a stronger cell viability and growth as
compared to that of PCL-0.5%ACP coated samples. This can be attributed to the excess initial
release of ACP during the burst phase from the highly concentrated ACP-polymeric coatings as
compared to the steady-state release of ACP within the PCL-0.5%ACP coating samples.
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The results obtained from Figure 4.10(A) and Figure 4.11(A) draws a sharp contrast to
the effect and importance of HF pre-treatment on cell growth and proliferation. The results
suggest that osteoblast cells are very sensitive to the initial burst release of certain alloying
elements and Mg ions resulting from their corroding surface. Without pre-treatment bare AZ31
does not aid the initial growth and proliferation of osteoblast cells as can be seen from Figure
4.10(A). The presence of HF surface treatment slows down the corrosion of the underlying Mg
and serves as a surface treatment technique thereby reducing the high corrosion and release of
Mg ions. Thus HF Mg promotes cell growth even without the presence of ACP growth factors.
This confirms the work reported by Carboneras et al. [181], Chiu et al. [182], and Seitz et al.
[183] that HF pretreatment is an effective way to slow down the corrosion rate of Mg and its
alloys and promote cell growth and adhesion. Thus, PCL-ACP coatings had consistent
uniformity and comparable cyto-compatibility amongst the different substrate used.
In comparing cell adhesion and growth across all bare substrates without coatings, it is
evident that bare Ti substrate has the most surviving cells after day 3. Cells on bare AZ31
substrates survived the least and this is due to the release of corroding elements and Mg ions.
Cells on bare AZ31 HF treated have high potential for growth unlike that seeded on the bare Ti
substrate.
4.5.5 In-vitro cell viability studies for Ti coated samples. In-vitro cell viability
assessment using MC3T3 cells at 24 hours post seeding was conducted using the PCL-ACP
coating samples with only Ti substrates.
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Figure 4.13. In-vitro cell viability assessment for Ti coated samples using MC3T3 cells after
24hrs (Day 1)
Based on the initial experimental run used for Ti samples coating, it is evident that all
experimental samples (coatings) using Ti substrate displayed higher cellular viability (around
100%) after 24hrs (day 1) as compared to the positive controls (bare Ti substrate). These results
demonstrate that these polymeric coatings are cyto-compatible and presence of ACP-polymer
composite films does not have an adverse effect on cell attachment and viability but rather
promotes cell growth and differentiation.
4.5.5.1 Statistical analysis on in-vitro cell viability studies for titanium coated samples.
To ascertain the significance of coatings (bare Ti, PCL-0.5%ACP, and PCL-1%ACP) on the
response variable (% cell viability), statistical analysis using one-way ANOVA technique was
employed. Using the cell viability studies data obtained from the completely randomized
experimental samples of Ti substrate (n=3), SAS 9.3 was used to analyzed the cell viability data.
Bare Ti substrate was used as a positive control.
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Before ANOVA technique was used, model adequacy was checked. The residual plots
from the SAS output indicated no violation.

Figure 4.14. SAS ANOVA output on cell viability using Ti-substrate
Since p-value (0.1521) is greater than the significance level (α) of 0.05, there is enough
evidence to conclude that there’s no significant difference between the PCL-ACP coated Ti
substrates and the bare-Ti substrate used as the positive control. Furthermore, ACP concentration
in the polymeric coatings does not have an effect on cell viability at 24hrs although this might be
different with respect to time. This shows that the optimized coatings developed are not toxic to
cells.
4.6 Summary
The direct-write DOD inkjet printing technique was successfully employed to print thin
films of PCL-ACP polymeric coatings on mechanically polished Ti, AZ31 Mg alloy and AZ31
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Mg alloy pre-treated with HF substrates. Jetting parameters were optimized for consistent
coating across all substrates and polymeric solutions. Surface morphology of these coatings were
studied and analyzed using the scanning electron microscope. SEM images showed coatings
were stable and adhered strongly on all bare metallic substrate used. PCL-1%ACP polymeric
coating showed uniform patterns across all substrates whereas PCL-0.5%ACP polymeric
coatings showed random deposition patterns. At lower magnification SEM images depicts spots
on all three substrates with regions of high ACP concentrated spots.
Cyto-compatibility studies proved that osteoblast cells were biocompatible and that they
actively interacted with all the PCL-ACP coatings of the different substrate used. All PCL-ACP
coatings showed comparable cellular attachment (green) and growth for all substrates used. It
was evident that MC3T3 cells preferentially attached to the coated composite structures
compared to the bare metallic substrate as seen in the growth pattern depicted in the fluorescence
images. Cell viability studies conducted using Ti coated substrates only, showed higher
percentage of viable cells comparable to the positive control (bare Ti) used for the studies.
Further statistical analysis confirmed the cell viability test that the optimized coatings developed
were not toxic to cells. This statistical conclusion confirms the qualitative results (live-dead
assay) previously obtained from the cell adhesion test that the optimized coatings developed
were not toxic to MC3T3-E1 cells.
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CHAPTER 5
Conclusion and Future Work
5.1 Conclusion
This research investigated the direct-write inkjet technique to develop polymeric coatings
for cardiovascular and orthopedic applications.
5.1.1 Cardiovascular test bed. The purpose of this study was to employ the direct-write
coating technique to investigate the functional properties of different blends of PEUU towards
corrosion retardation of AZ31 Mg alloy. The ability to jet single droplets of different blends of
PEUU/taxol solution towards coating AZ31 Mg coupons was accomplished using the inkjet
printing system. Different blends of poly (ester urethane) urea (PEUU-V, PEUU-PC and PEUUSB) loaded with taxol were successfully coated on AZ31 Mg coupons using the inkjet-printing
system. Jetting parameters were optimized for consistent coating for all polymeric solutions.
Surface morphology of the coated substrates revealed that the bare AZ31 Mg alloy substrates
were totally covered by the different polymeric coatings used. Cuts were made on the coating
surface to show the cross-sectional view and a surface profilometer was used to estimate the
coating thickness. Surface morphology data obtained indicated that, the various polymeric
coatings had different morphological patterns. In this work, corrosion behavior of the various
polymeric coatings was studied using electrochemical impedance spectroscopy (EIS) technique.
Data obtained from the EIS technique was displayed and analyzed using the Nyquist and Bode
plots. Based on EIS measurement results obtained, the polymeric coatings exhibited an
adjustable corrosion retardation performance (depending on the coating thickness) for the
underlying AZ31 Mg alloy. For each type of polymeric coatings, the greater the coating
thickness, the better towards corrosion resistance of AZ31 Mg alloy. PEUU-V had the strongest
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resistance to corrosion and the least porosity percentage. PEUU-SB was the most porous of all
the different polymeric coatings and also had the least resistance to corrosion of AZ31 Mg
alloys. Coating thickness also had a significant effect on polarization resistance of these
polymeric coatings. The polarization resistance values obtained using the equivalent circuit
model was analyzed using SAS 9.3 statistical software to ascertain the statistical significance of
the results obtained.
5.1.2 Orthopedic test bed. The direct-write DOD inkjet printing technique was also
successfully employed to print thin films of PCL-ACP polymeric coatings on mechanically
polished Ti, AZ31 Mg alloy and AZ31 Mg alloy pre-treated with hydrofluoric acid (HF)
substrates. Jetting parameters were optimized for consistent coating across all substrates and
polymeric solutions. Surface morphology of these coatings were analyzed using the scanning
electron microscope (SEM). SEM images showed coatings were stable and adhered strongly on
all bare metallic substrate. PCL-1%ACP polymeric coating showed uniform patterns across all
substrates whereas PCL-0.5%ACP polymeric coatings showed random deposition patterns of
patches with ACP regions. Cyto-compatibility studies conducted, revealed that osteoblast cells
were biocompatible and that they actively interacted with all the PCL-ACP coatings on the
different substrate used. All PCL-ACP coatings showed comparable cellular attachment (green)
and growth for all substrates used. Based on fluorescence images, it was evident that osteoblasts
preferentially attached to the coated substrates as compared to the bare metallic substrate.
Osteoblast viability studies conducted using Ti coated substrates, showed higher percentage of
viable cells comparable to the control used for the studies. Further statistical analysis confirmed
the cell viability test that the optimized coatings developed were not toxic to cells.
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5.2 Future Work
These results lay foundation for the use of the direct-write fabrication technique for
developing bioresorbable medical implants towards corrosion control and tunable release of
bioactive agents. Coating on complex geometries such as an actual cardiovascular stent can be
achieved using this technique.
Two or more bioactive agents can be loaded into a polymeric matrix coating using the
direct-write technique towards controlled drug delivery systems where drugs are released at a
predetermined rate for extended periods. The use of vacomycin as a loaded composite drug can
be helpful towards the local treatment of osteomyelitis.
The advantages of inkjet direct-write printing technique will undoubtedly play a
significant role as a novel coating fabrication technique in the near future. The relentless
enhancement and exploitation of this technique holds numerous opportunities and challenges.
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Appendix A

Figure A-1. Fourier transform infrared spectroscopy (FTIR) of bare Ti and polymeric coatings

Figure A-2. Fourier transform infrared spectroscopy (FTIR) of bare AZ31 and polymeric
coatings
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Figure A-3. Fourier transform infrared spectroscopy (FTIR) of HF pretreated bare AZ31 and
polymeric coatings
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Appendix B
Table B-1
Alloying elements commonly used in Mg alloys and their possible effect [96]
Mechanical
Properties
Enhancement to Mg
Matrix
Rapidly diffuses
Mg matrix, and acts
as a passivating
element and
Aluminium
improves corrosion
resistance.
Improves die castability.
Alloying
elements

Calcium

Adding to improve
corrosion resistance
in Mg-Ca alloys.

Adding to reduce
the harmful effects
Manganese of impurities and
improve corrosion
resistance.

Rare earth
Elements

Improvement in
corrosion resistance

Zinc

Improves yield
stress, Mg alloys
containing Zn have
an elastic modulus
similar to bone. The
presence of Zn can
reduce hydrogen
gas evolution during
bio-corrosion.

Pathophysiology

Blood serum level 2.1-4.8
µg/L

Blood serum level 0.9190.993 mg/L. Levels controlled
by Homeostatis of skeleton.
Abundant mineral that is
mainly stored in bones and
teeth. Activator/stabilizer of
enzymes. Involved in blood
clothing.
Blood serum level <0.8 ug/L.
Essential trace element
influences cellular
functions/immune
system/blood clotting/bone
growth. Influence metabolic
cycle of lipids/amino acids
and carbohydrates.
Many rare earth elements
have anticancerogenic
properties and are used in the
treatment of cancer.
Blood serum level 12.4-17.4
umol/L. Essential trace
element.
Essential
to enzymes and immune
system.

Toxicology
Tends to diffuse out of Mg matrix.
Neurotoxic (influences function of
the blood brain barrier). Linked to
Alzheimer's disease. Accumulates
in amyloid fibres/brain plaques.
Accumulates in bone
tissue/decreases osteclast viability.

Metabolic disorder of calcium
levels results in the formation of
excess calcium in the kidneys
(stones).

Excessive amount of Mn can
produce neurological disorder
(manganism).

Accumulate in the liver and bone.

In high concentration is
neurotoxic and can hinder bone
development.

120
Appendix C
Printing script:
AZ31 10x10_Array_Maint - Writing an array with a burst and bi-direction
set fly on 30 1
moveall -1 1 -47.5
array 0.03 800 0.03 350 0 1
moveall -1 1 -47.5
array 0.03 820 0.03 350 0 1
moveall -1 1 -47.5
array 0.03 840 0.03 350 0 1
moveall -1 1 -47.5
array 0.03 860 0.03 350 0 1
moveall -1 1 -47.5
array 0.03 880 0.03 350 0 1
movetomaintenance

